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ABSTRACT

Many medical conditions require health care providers to make rapid and accu-
rate assessments of a patients hemodynamics to diagnose and guide treatment. Of
the parameters that encompass hemodynamic evaluation (such as heart rate and
blood pressure), one remains woefully measured: intravascular volume status. A
measure of how much blood a subject has with which to perfuse oxygen, deliver
nutrients, and remove wastes, volume status lays the foundation of many types of
fluid based treatments for the acutely and critically ill in emergency rooms and in-
tensive cares units to the chronically ill of cardiovascular and dialysis centers. Yet
for all its physiological importance, many current assessments of volume status
and responsiveness have a predictive power around the level of a coin flip. This
work seeks to remedy this dire situation by improving a technique already utilized
at the bedside (ultrasound measurement of inferior vena cava collapsibility) and
introducing another that could be used through all echelons of care (impedimetric
intravascular volume evaluation). Specifically, three major accomplishments were
achieved: (1) an open-source software toolbox was developed to help clinicians
and researchers rigorously evaluate vessel strain, stress, and wall shear; (2) a novel
bioimpedance technique was demonstrated in several patient populations; and (3)
a wearable electronic device was created to continuously measure a subject’s vol-
ume status. Such a multimodal approach to hemodynamic monitoring serves the
needs of both physicians and their patients across many clinical environments and
ought to improve outcomes.

xx



CHAPTER 1

An introduction to hemodynamics

For the heart, life is easy. It beats for as
long as it can, then it stops.

Karl Ove Knausgaard, My Struggle

At its most basic level the cardiovascular system is a collection of tubes filled with fluids
and a pump to move them. The whole point of this setup is to deliver volumes of blood
to regions of the body primarily for the purposes of transporting dissolved gases, nutrients,
hormones, and metabolic wastes to places they are needed from places they are not, and
regulating the pH balance and ion concentrations of interstitial fluids to ensure a consistent
biochemistry throughout the body. Blood coursing through the body performs many other
functions including stabilizing body temperatures, defending against the introduction of
toxins and the invasion of pathogens, and restricting fluid losses at sites of injury, but for
the investigation reported herein, our attention is best focused at on the transportation and
the regulation of fluids. The pump and the tubes shall concern us here.

Even for such a simple system, many problems can arise. Problems can arise with
the heart (the pump) including coronary artery disease, arrhythmia, heart valve disease,
congenital heart disease, cardiomyopathies, pericarditis, aorta disease, Marfan syndrome,
and myocardial infarction. Problems can arise with the vasculature (the tubes) including
peripheral vascular disease (one of the fast growing causes of mortality world wide [1],
aneurysm, renal artery disease, Raynauds syndrome, Buegers disease, blood clotting dis-
orders, and lymphedema. Problems can arise with the fluids themselves in the form of
anemia, lymphoma, and hemophilia, how the fluids are regulated as is the case in chronic
kidney disease, diabetes, and end stage renal disease, and how the fluids are distributed
from hypertension to edema. These are but a small fraction of all possible problems, but
together these problems represent tens of millions of lives lost and hundreds of billions of
dollars spent annually [1]. Such costs — in money, in life, in suffering — are high, and
growing higher.
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Treatments for these and many other conditions are predicated on clinicians abilities
to diagnose the presence and extent of the conditions themselves. Without a semblance
of what is wrong, one would be at great pains to know how to make it right. Thus stands
the entire edifice of clinical decision-making on the foundation of tools to measure the
regularity and irregularity of patient states. Disorders, diseases, and pathologies mani-
fest themselves in many and multifaceted ways, affecting the bodys anatomy, physiology,
chemistry, and functions. The detection of such anomalous behavior lies at the heart of
clinical monitoring.

Herein I present one solution within a subset of clinical monitoring. It is a mixed modal
approach linking the physiology detecting methods of bioimpedance with the anatomy
imaging methods of ultrasound. In their combination is a hybrid method of evaluating
parts of the human body in a way heretofore unavailable to clinicians and researchers. This
mixed modal technique allowed for the measurement of long-term changes to anatomy (as
seen in a clinical study presented in Chapter 2), rapid, short-term dynamic changes in in
anatomy and physiology (as seen in the clinical trials presented in Chapters 2 and 3), and
finally the development of a wearable clinical monitor utilizing clinical results to continu-
ously monitor these structural-functional changes (as discussed in Chapter 4).The whole of
this work is intended to demonstrate the relatedness of the signals derivable from electrical
impedance (bioimpedance) and acoustical impedance (ultrasonography) based techniques.
Though the signals correspond in many ways, such as the results determined from the ul-
trasound measurement of the inferior vena cava and the measure of electrical impedance in
the limb, they differ greatly in the ways they are collected, examined, and interpreted. The
goal of this work is to demonstrate a pathway towards the ultimate hybridization of these
techniques.

The path taken for this demonstration began with the development and implementation
of separate signal and image processing techniques for both bioimpedance and ultrasound.
Algorithms and software were created in parallel for each modality to independently verify
their accuracy before then synthesizing their results.

I first designed an ultrasound imaging toolbox to work with and analyze post-clinical
images in the standard Digital Imaging and Communications in Medicine (DICOM) for-
mat. I chose this approach given the need to test this work in many different clinical envi-
ronments where few researchers and clinicians have access to the raw underlying radiofre-
quency data of their ultrasound machines. The other tangible benefit to such an approach
is in the creation of a software toolbox that can be used by researchers around the world
to identify and measure parameters of interest freely and without the need to modify their
existing imaging capabilities. The specifications and validation of this toolbox will be dis-
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cussed at length in Chapter 2 and it will suffice to state here that the software was created
to make possible the measurement of wall distensibility, local and global tissue strain, and
the shear rate of blood across vessel walls three of the most prominent and significant
dynamically varying aspects of the vasculature measurable by ultrasound.

Once mature, the ultrasound software was used to compare a novel bioimpedance al-
gorithm to assess dynamic changes in intravascular volume against a standard ultrasound
procedure. These techniques were tested in three separate patient populations: normal vol-
unteers and not severely ill or injured emergency department patients; patients undergoing
hemodialysis; and mechanically ventilated patients in an intensive care unit setting. The
design, justification, and results of these experiments are presented in Chapter 3.

Once validated, a small, wearable version of the bioimpedance monitoring system was
developed. An electronic circuit was designed, developed, constructed, and tested both in
simulated environments and on healthy volunteers. This work represents the majority of
Chapter 4. Future work on additional patient populations is proposed for further validation
and prognostic use. By this way, I hope to start down the path of measuring the physiology
of subjects in any and all environments.

To understand any measurement technique, one must first understand the system being
measured. Only in such a manner can the signals derived from the measurement be under-
stood. That is to say, without context a signal is without meaning. For us to impart meaning
on the work presented here, let us first understand the environment in which it is collected.
Broadly speaking this work was conducted in two general environments: the pre-clinical
and the clinical. The preclinical work consisted of computation fluid dynamic simulation
of blood flowing through peripheral vasculature, particle image velocimetric validation of
such simulations as a standard for our developed software algorithms, and in the design
and calibration of a wearable monitoring device. The software and hardware components
developed were then tested in one of four clinics at the University of Michigan depend-
ing on the study: the transplant unit (for follow up ultrasound measurements of fistula),
the emergency medicine department (for the initial ultrasound correlation with my pro-
posed bioimpedance technique), the in-hospital dialysis unit (to track large volume shifts
via ultrasound and impedance), and the intensive care unit (to validate converse pressure
relationships). In so doing, I have endeavored to move these techniques and this technol-
ogy from the bench to the bedside as quickly as possible, validating the two modes in each
environment. For all of this, ultimately generating each and every signal examined here
from the strain and wall shear measurements in the fistula maturation study (Chapter 2) to
the volume status monitoring in the dialysis clinic (Chapter 3) were the hearts of each and
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every patient.1 Let us begin then at the heart of the matter.

1.1 The heart

As Knausgaard reminds us in the introductory quote for this chapter, life is easy for the
heart: It beats for as long as it can, then it stops. In fact, a person may expect to have their
heart beat more than two billion times over the course of an average life span. But within
each beat is a complex cycle of contraction and relaxation, known as systole and diastole,
respectively, allowing the heart to push blood from its four chambers and to receive blood
in preparation for the next cycle. The hearts sole obligation to us and to our body is to
pump blood along two vascular pathways. The first of these pathways is organized into the
pulmonary circuit, a network of vessels that carry blood to and from the gas exchanging
surfaces of the lungs. The second pathway is called the systemic circuit and it is along
this path that blood is transported to the rest of the body. Both of these circuits begin and
end at the heart as blood courses first from one circuit then to the other then back again in
sequence. A schematic representation of these pathways and their relationship to the heart
can be seen in Figure 1.1.

Of the four chambers of the heart, the two on top, called atria, can be thought of as
blood receivers, and the two on bottom, called ventricles, can be thought of as the blood
pushers. Starting from a persons right atrium, blood is received by the heart from the sys-
temic circuit, then pushed to the right ventricle. From the right ventricle blood is pushed
into the pulmonary circuit, the blood becomes oxygenated, and returns to the heart via the
left atrium. The left atrium collects the blood and empties it into the left ventricle, which
then pumps the blood into the systemic circuit, and the whole process begins anew.2 (For
graphical representation of this flow pattern, please review Figure 1.2) As the heart beats,
first the atria contract, emptying their contents into their respective ventricles, then the
ventricles contract. Normally this ventricular contraction occurs in both ventricles simul-
taneously and with equal volumes of blood being ejected into the pulmonary and systemic
circuits. This, however, is not always the case.

Blood leaving the left ventricle passes into the ascending aorta (the largest vessel in the
human body) through a valve, a thick membrane designed to open and close with respect
to pressure, in this case, the aortic valve, also know as the aortic semilunar valve. Similar
valves exist between the atria and the ventricles in the heart. On the right side of the heart

1The kidneys and the lungs also played a significant role in the two studies named. The author hopes to
be forgiven for a poetic flourish by correcting the record here.

2A more detailed explanation of the blood flow and pressures occurring during this process are discuss in
the next section
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Figure 1.1: The circuits of the circulatory system. In human beings the pulmonary circuit
begins at the right ventricle where blood is ejected to the lungs and ends at the left atrium
where oxygenated blood enters the heart. The system circuits begins with blood being
ejected from the left ventricle and with it returning through the right atrium. Image is from
http://msjensen.cehd.umn.edu/ Webanatomy/imagedatabase/Cardiovascular/circulation.tif
and is used for educational purposes.
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Figure 1.2: Basic anatomy of the heart demonstrating the relationships between the atria,
the ventricles, and the vessels what feed into them. The flow of blood within the heart is
indicated with arrows. Modified from ”Diagram of the human heart (cropped)” licensed
under CC-BY-SA-3.0 via Wikimedia Commons.
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lies a set of three fibrous flaps that constitute the right atrioventricular valve, also known as
the tricuspid valve. On the left side of the heart is a pair of fibrous flaps referred to variously
as the left arterioventricular valve, the bicuspid valve (as distinct from the rights tricuspid
valve), and the mitral valve. Each of these valves is meant to serve the same purpose:
to prevent blood from flowing in an undesired direction. Said conversely, it is meant to
keep blood flowing in the correct direction through the heart and into the vascular circuits.
To understand why we must first consider a basic aspect of fluids and their movements:
fluids, be they water through a pipe or blood through the cardiovascular system, move down
pressure gradients, moving from areas of higher pressure to ones of lower pressure. This
basic principle allows blood to flow from the high-pressured aorta down to the arteries, into
the arterial and ventricles, up the veins, back into the heart. (For a basic representation of
the pressures throughout the body see 1.6) In the heart itself, the pressure in each chamber
rises during systole, falls in diastole, forcing blood to move around and through and into the
heart. The valves of the heart, between the chambers and at the aorta, ensure blood flows in
the correct direction, by opening to positive pressure gradients in one direction and closing
to positive pressure gradients in the opposite direction. In this way, the valves attempt
to establish a consistent unidirectional pressure gradient throughout the entire circulatory
system.

To maintain correct pressure relationships throughout the body, the cardiovascular re-
acts quickly to changes in volume and velocity via mechanotransduction occurring along
and within vessel walls. The specifics of this maintenance will be elaborated in the coming
sections on the vasculature itself.

For now, let us begin by imagining the start of an average idealized cardiac cycle with a
resting heart rate of about 75 beats per minute, a systolic blood pressure of 120 mmHg, and
a diastolic blood pressure of 80 mmHg. All four chambers are relaxed and the ventricles
are partially filled with blood. First, the atria contract, increasing atrial pressure, causing
the ventricles to fill completely with blood. Because atrial pressure exceeds venous pres-
sure blood does not flow into the atria during this time. At the end of atrial systole, each
ventricle contains the maximum amount of blood that it will hold during a cycle, a quantity
known as end diastolic volume (EDV). Next the atria relax, entering a period of atrial di-
astole that lasts until the next cardiac cycle. Starting at the same time as this atrial diastole
is ventricular systole, the period of ventricle contraction. During this stage ventricles begin
by contracting isometrically, inducing a pressure rise ultimately reaching a point of isovol-
umetric contraction where all heart valves are closed, the volumes of the ventricles remain
constant, and ventricular pressures rise above the atrial. Once pressure in the ventricles
exceeds that in the arterial trunks, the semilunar valves of the heart open and blood flows
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into the pulmonary and aortic trunks, marking the beginning of ventricular ejection. Dur-
ing ventricular ejection, each ventricles will eject some volume of blood (typically 70-80
mL, but can range anywhere from about 60-100 mL), known as the stroke volume of the
heart. The ratio of this stroke volume to the end-diastolic volume is known as the ejection
fraction and varies in response to the changing demands on the heart (to be discussed at a
later point). At this point the ventricles contract isotonically. Having reached a peak, ven-
tricular pressures decline rapidly and blood in the aorta and pulmonary trunks starts to flow
back toward the ventricles, causing the semilunar valves to close. As these valves closes,
there is a small temporary rise in pressure as the elastic arterial walls recoils, producing
a distinct valley pressure tracings known as the dicrotic notch. The amount of blood that
remains in the ventricle when the valve closes is known as the end-systolic volume (ESV).
The heart then enters a period of ventricular diastole for the final stage of the cardiac cy-
cle. The ventricles enter a period of isovolumetric relaxation until ventricular pressures fall
below those of their atrial counterparts and the AV valves are forced open. The pressures
in the ventricles are far below that of major veins, allowing blood to pour into the relaxed
atria and ventricles, passively filling the chambers of the heart before the whole process is
repeated.

The consistent cycling of the heart produces many possible signals to measure. From
the pressures within the atria, ventricles, and the vessel feeding them and the volume of
blood present in the heart at any given time to the electrical potentials caused by the heart’s
shifting dipole and even the sounds it makes, this process generates each of the signals
that are of interest to this work. It is therefore instructive to note here the relationship
between these parameters as a function of the cardiac cycle. One method of doing so was
developed by Carl J. Wiggers, a cardiovascular physiologist working at (Case) Western
Reserve University in the early half of the twentieth century, where each of these signals
is plotted graphically in parallel across time. A representative example of this Wiggers
diagram can be seen in Figure 1.3, from which one can appreciate the synchronicity of the
electrical, volumetric, and pressure changes constantly occurring across the heart. Special
attention should be paid to the pressure and volume shifts as it is from these that much of
this work builds from.

Ultimately of greatest concern in the pumping of the heart is how much blood is ex-
pelled from the ventricles for each beat. This quantity, known as the stroke volume, is
equivalent to the end-systolic volume (the amount of blood remaining in each ventricle at
the end of systole) subtracted from the end-diastolic volume (the volume of blood in each
ventricle at the end of diastole). For a single cardiac cycle, stroke volume may be the sin-
gle most important factor to examine because this is fundamentally a quantification of the
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Figure 1.3: Pressure and volume relationships during systole and diastole. Modified from
”Wiggers Diagram” by DanielChangMD revised original work of DestinyQx; Redrawn as
SVG by xavax - Wikimedia Commons, File:Wiggers Diagram.png.. Licensed under CC
BY-SA 2.5 via Wikimedia Commons

hearts single beat efficiency.
To gauge a hearts efficiency over a longer period of time than a single cardiac cycle,

physicians will often refer to a quantity known as the cardiac output, the amount of blood
pumped by the left ventricle per some unit time. This value, a measure of ventricular
efficiency over time, is often calculated by multiplying the heart rate (in beats per minute)
by the stroke volume (in mL per beat) and generally falls within the range of 4-8 L/min [2].
Cardiac output is essentially the volumetric flow rate of blood through peripheral tissues,
indicative of what the heart and body perceive to be necessary to maintain homeostasis.
To keep the body stable throughout many different activity levels (from resting to running)
and health states (from picture perfect to pathological), the heart adjusts its cardiac output
to balance the needs of the systems. A schematic representation of the factors affecting
cardiac output are shown in Figure 1.4.

Broadly speaking there are two ways the heart is able to adjust its output, either through
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Figure 1.4: Schematic representation of the main factors affecting cardiac output. Cardiac
output, typically represented as the product of stroke volume and heart rate, is a measure
of the volumetric flow rate of blood pumped out of the ventricles to the pulmonary and
systemic circuits. It is affected and affects many hemodynamic parameters and its relation-
ship to the larger fluid volume management capabilities of the body must be understood in
context.
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the heart rate or the stroke volume. Though an area of intense research and clinical rele-
vance, the electrochemical generation of heart contractions and therefore one of the prin-
ciple components of the heart rate will not be discussed here at any great length. Going
still further, in our haste we will also forgo discussions of cardiac reflexes and autonomic
tone on the heart rate. An exception will exist in the case of atrial reflex, which is the
hearts response to the walls of the right atrium stretching in response to increased venous
return. This reflex, also known as the Bainbridge reflex, is one case where volume is me-
chanically transduced by the system to cause a rate change, rather than another volume
change. That both types of change, be they rate or volume, indirectly affect pressure gradi-
ents and flows should not go unnoticed. These factors are intrinsically bound in the bodys
feedback-control system of regulation and more often than not, all else being equal, one
will affect the other in some way. It might be intuitive for some readers to consider these
two parameters, rate and change, as equivalent to a frequency and amplitude, respectively,
of some ideal signal the heart is attempting to create. However, our concerns for this work
will lie primarily with the effects of volumes on hemodynamic parameters. Therefore, we
will concern ourselves primarily with those factors affecting stroke volume.

Stroke volume, as previously mentioned, is the difference between the end-diastolic
volume and the end-systolic volume. How these volumes change in response to a myriad
of conditions has been the subject of decades of intense medical research. For now a brief
overview of the factors affecting each should suffice.

End-diastolic volume is affected by two main factors: the filling time and venous return.
The filling time is simply the time it takes to complete ventricular diastole, itself a function
of heart rate. As the heart rate increases, filling time decreases. To go back to my previously
hinted at metaphor, this would be equivalent to adjusting the frequency of the ideal cardiac
signal. To adjust the amplitude of this signal, one would turn to venous return. Strictly
speaking venous return is merely the rate of blood flow returning to the heart during this
diastolic period and it changes in response to cardiac output, blood volume, patterns of
peripheral circulation, and intrathoracic pressures [3]. By increasing the volume of blood
returning to the heart, and holding all other parameters constant, one could increase the
volume of blood exiting the heart. Increasing venous return tends to increase end-diastolic
volume, which can lead to an increase in stroke volume.

Augmenting filling time and venous return changes a parameter of the heart itself
known as the cardiac preload. Depending on the parlance, this preload refers to either the
end diastolic pressure responsible for or the degree to which the ventricles of the heart
stretch (alter their greatest geometric dimensions) under variable physiologic demands
[4, 5]. Put simply, preload is the measure of myocardial stretching in the ventricles during
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diastole. This amount varies with the demands of the heart and is directly proportional to
the end-diastolic volume itself. Increasing preload increases the end-diastolic volume. All
else being equal, stroke volume should increase with preload. And within normal physio-
logical limits this is generally true. First proposed by Ernest Starling and Otto Frank, this
relationship of more in equals more out is essence of the Frank-Starling law of the heart
[5]. How end-diastolic volume and right atrial pressure affect stroke volume and cardiac
output (and therefore venous return) is shown in Figure 1.5. There are of course instances
where the Frank-Starling law does not hold [6, 7], but for the majority of cases, it is deemed
reliable enough for clinical decision making.

As popularized by Guyton, the operation of the heart at any given time is determined
by the intersection of the Frank-Starling cardiac output curve with the blood volume return
curve of the patient as seen in Figure 1.5. There are many factors affecting the shapes,
slopes, and intercepts of these two curves, but generally speaking contractility and blood
volume play a significant role in their behavior. As the volume of blood is increased, we
can see that preload and output increase in turn and is the foundation for fluid replacement
therapy. The converse is true and demonstrates the dangerous consequences of hemorrhage
and massive blood loss. A similar direct relationship can be seen with increased contrac-
tility increasing the operating point of the heart and decreased contractility decreasing the
operating point. Add the myriad other factors that can alter these curves’ behaviors in
conjunction with the fact that similar values of preload can give wildly varying values for
cardiac output and some the problems of hemodynamic monitoring become apparent.

End-systolic volume, the amount of blood remaining in the ventricle at the end of ven-
tricular systole, is subjected to three main factors. The first is preload which we have
discussed previously. How this affects the ending volume is obvious: the amount that is
left over is necessarily a function of the amount initially available. The second major factor
is the contractility of the ventricle. Contractility, represented by the force required for con-
traction at a given preload, represents the intrinsic ability of the myocardium to contract.
Under normal circumstances, the ability to produce force during contractions is altered by
autonomic innervation and many circulating hormones, each acting on the degree to which
myosin and actin in these muscles are bound, a relationship itself determined by the calcium
ion concentrations in the cardiac cells. Both sympathetic and parasympathetic stimulation
affect the contractility of the heart and can be thought of as either a positive inotropic ac-
tion, if it increases contractility, or a negative inotropic action, if it decreases contractility.
As contractility increases, end-systolic volume decreases and vice versa. The final factor
affecting end-systolic volume is the afterload, the amount of tension the contracting ventri-
cles must produce to open the semilunar valve and eject blood. Afterload relates directly to
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Figure 1.5: The cardiac function curve as predict by the Frank-Starling law and its coupling
with venous return. The intersection of the two curves represents the operating point of the
heart. Changes to either the cardiac output or blood volume curve affect how much blood
can be circulating and in what way the heart circulates that blood.

the period of isovolumetric contraction (the greater the afterload, the longer the period of
contraction) and somewhat inversely to the duration of ventricular ejection (the greater the
afterload, the shorter the period of ejection). As such, increased afterload tends to increase
end-systolic volume and thereby decrease stroke volume.

Multiplying the volume ejected by each pump of the heart by the rate at which each
pump occurs, yields the aforementioned cardiac output in terms of a volumetric flow rate. It
is this volumetric flow that will be pushed to every portion of the body, providing nutrients,
giving oxygen, and removing waste from every single living cell of our bodies. How this
flow is created by the heart is crucial to understanding how the vasculature operates: flow
from the heart is the primary input to the blood vessels system of transportation. With this
basic understanding of how the heart operates, we can now proceed through the pump into
the pipes, where blood volumes flow, perfuse, and are returned to whence they came. We
can now begin to understand the role of the vasculature.
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1.2 The vasculature

Using the heart again as our starting point, we can classify vessels by whether they carry
blood away from the heart, the arterial side, or return blood back to the heart, the venous
side. Specifically, blood is pumped from the heart, into the arteries (also known as effer-
ent vessels), transported to peripheral tissues via smaller arteries known as arterioles, and
through the capillaries where diffusion occurs between blood and interstitial fluids. After
the capillaries, blood flows into the venules and finally the veins (also known as afferent
vessels) on its way back to the heart. This relationship is true whether the blood is being
carried through the pulmonary circuit on its way to and from the gas exchanging surfaces
of the lungs or its being carried along the systemic circuit throughout the rest of the body.

As blood courses through the vasculature, the vessel diameters tend to go from large
near the heart (the aorta, the largest artery, is typically around 2.5 cm, while the vena
cava, the largest vein, can be up to 3 cm) to their smallest point within the capillaries (this
relationship can be observed in Figure 1.6(a)). This decrease in individual vessel size is
accompanied by an increased number of vessels branching further along the pulmonary
and systemic circuits. The effect of this vessel branching causes the total cross-sectional
area of the vessels to increase as blood is pumped to and from the capillary beds (Figure
1.6(b)). As previously mentioned, blood will only flow down a pressure gradient and this
true throughout the vasculature where the average blood pressure continues to decrease
from its peak, just exiting the aorta, to its lowest point, returning through the vena cava
(as seen in Figure 1.6(c)). Blood flow, being proportional to the ratio of pressure to cross-
sectional area, decreases through the arterial system, reaches a minimum necessary for
sufficient exchange and perfusion to occur throughout the capillary beds, then begins to
rise throughout the venous system as blood returns to the heart (see Figure 1.6(d)).

Anatomically, arteries differ from veins in a number of significant ways. Arteries typ-
ically have thicker, more muscular walls than veins enabling arteries to resist the large
pressure change generated by the heart as it forces blood through the circulatory system by
passively responding to changes in pressure through elastic strain. Given their contractility,
arteries may also actively change their diameter (via the sympathetic autonomic nervous
system) by either decreasing their size, a process known as vasoconstriction, or by increas-
ing it, through vasodilation. This active control affects a number of different parameters
including peripheral blood pressure, capillary blood flow, and afterload of the heart. Veins,
in contrast, have thinner walls, are more elastic, often tend to have larger diameters than
their arterial counterparts, and tend not to be able to tolerate as much force. The venous
system also contains valves to prevent blood from flowing backward.
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Figure 1.6: The relationship between the
(a) diameter, (b) cross-sectional area, (c)
average blood pressure, and (d) velocity
of blood with respect to their vessel type
in the cardiovascular system.

Between the two systems lie the capillaries.
These very small, very delicate vessels are wo-
ven through us, feeding our muscles, surround-
ing our connective tissues, allowing our skin to
breath. Bundled in networks called capillary
beds, it is only through capillaries that blood can
exchange what it needs (water, solutes, gases,
etc.) with interstitial tissues and fluids. To make
this possible, the vast majority of the walls of
these vessels are so thin ( 5 m) and so small ( 8
m, around the size of a single red blood cell) that
diffusion can occur across them. Capillaries of
this sort that allow for continuous passive dif-
fusion are known as continuous capillaries and
they are located in all tissues except for epithelia
and cartilage. In contrast, fenestrated capillar-
ies contain small pores in their endothelial lin-
ing that allow for rapid exchange of fluids and
small peptides. Fenestrated capillaries are lo-
cated in a number of areas, including hormone
secreting regions (the hypothalamus, the pitu-
itary gland, and the thyroid), absorptive areas
(the intestines), and in areas of filtration, most
notably the kidneys. Once the blood in these
beds has done its work it must come back to the
heart. From all of the branches the vessels have
broken into, they must recombine. This joining
of two (or more) vessels is known as an anas-
tomosis. Anastomoses serve many functions
throughout the body, acting as backup routes
for blood flow (as is the case in arterial anas-
tomosis) and as connections from the arterioles
to venules (as is the case in arteriovenous anas-
tomoses). The role of artificial anastomoses in
clinical practice will be discussed at length later in and will lie at the foundation of the
work conducted in Chapter 2.
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Blood does not reside equally across the body. Typically, about one third of total blood
volume ( 1.5 L) is contained in the heart, arteries, and capillaries of the pulmonary and
systemic circuits. The other two thirds ( 3.5 L) is retained in the venous system with a
large portion of that amount ( 1 L) circulating within the extensive venous networks of
the liver, bone marrow, and the skin. Blood is retained in this low-pressure to serve as a
reservoir for many compensatory mechanisms necessary for homeostasis. Because of their
generally thinner walls and lower proportion of smooth muscle, veins are able to distend
(expand) far more than arteries, accommodating large changes in blood volume. In this
sense, veins have a greater capacitance — the relationship between a vessels volume and
the pressure at which it can hold that volume — than arteries. That is, because it takes
less pressure to expand veins than it does arteries, they have a great capacitance. Herein,
to avoid confusion with the electrical term, I will refer to this quantity—represented by the
ratio of the change in volume to the change in pressure ∆V/∆P—as the compliance of the
vessel. The compliance of arteries and veins will play a key role in each of the clinical
investigations.

The venous system is also able to contract to compensatory for changes throughout the
cardiovascular system. This contraction, venoconstriction, reduces the amount of blood
in the venous system to attempt to increase the volume within the arterial system and the
capillaries. With such a large reservoir (and such a fast ability to respond), the venous sys-
tem can help maintain arterial blood volume at near-normal levels despite potentially large
changes in volume blood volume. In cases of large volume loss, such as in hemorrhage and
overly aggressive hemodialysis treatment, the extreme venous response can have the ad-
verse consequence of increasing vascular resistance, making it difficult for blood to return
to the heart and, aggravating already delicate situations.

It would be fruitful now to remember that pressures and volumes throughout the cardio-
vascular system are by their nature dynamic. The nature of the cardiac cycle itself ensures
that there are peak pressures, shifting volumes, and constantly changing flows. From a
control theory perspective, the body constantly undergoes excitation from these varying
parameters and attempts to reconcile their effects into a cohesive homeostasis. How the
bodys systems maintain or fail to maintain the feedback loops necessary to achieve these
ends is a crucial component of diagnosing pathological states and, in the end, for treating or
improving them. The work outlined here is meant to be a tool to help diagnose such states,
by estimating volume status, a key parameter of hemodynamic stability. But before we can
understand any sort of signal from any sort of system, we must first understand its context,
its environment, and the way in which it is collected. Therefore, it will be necessary to first
understand the manner in which blood flows through the vessels, current means of mea-
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suring certain hemodynamic principles, and finally how each of the signals are modified in
normal and abnormal states.

1.3 Blood flow

Simplifying the situation a bit, the flow of blood (and of any fluid really) can be considered
a function of the ratio of the pressure gradient to the systems resistance to that flow. This
can be written quasi-mathematically by saying F is proportional to ∆P/R, where F is the
flow, ∆P is the pressure gradient, and R is the resistance. Defining it in such a way allows
us to grasp the fundamental basis of bulk flow: there are forces attempting to drive a fluid
in one direction and there are forces attempting to prevent the fluid from flowing. Even
this basic conceptual framework is enough to understand many significant portions of the
circulatory system.

The entire cardiovascular pressure gradient starts and ends at the heart. Here pressures
reach their peak and their valley (averaged over a full cardiac cycle). Just exiting the heart,
the aorta and the elastic arteries experience very large pressures and very large pressure
changes (see the difference in systolic and diastolic curves in Figure 1.3). Pressure in the
arteries, often referred to simply as blood pressure, varies tremendously (see Figure 1.6),
and as such must be taken from a consistent location to make sense of any time related
trends. Passing through the arterioles into the capillaries, the pressure known as the capil-
lary hydrostatic pressure continues to drop in magnitude on its way to the venous system
where the cardiovascular reaches its minimum values venous pressure and, ultimately,
right atrial pressure. Though in the course of normal cardiovascular function pressures
will also decrease to push blood ever onward from (and back to) the heart, we must re-
member that it is the pressure gradients that affect flows, and not pressures themselves. (A
brief examination of these relationships for real physiological flows can be seen in Section
2.4.1.6.)

A pressure gradient is merely the potential for fluid to flow, the resistance to that po-
tential will determine in what manner and to what degree that fluid flows. In the human
body, many factors affect the resistance to flow. Chief among these factors are those af-
fecting vessel geometry (length, diameter, curvature, tortuosity, etc.) and blood viscosity
(itself affected by temperature, hematocrit level, etc.). To see in what ways each of these
parameters affects fluid flows, let us turn our attention to basic fluid modeling.

To model a fluid fully one may begin with the Navier-Stokes equations. Their derivation
and proof will not be considered here and their role here is merely as a tool to explain the
motion of blood in a few very specific contexts. Given this environment, we will begin by
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expressing the equations in cylindrical coordinates in full.
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Here ρ is the density of the fluid, r represents those components in the radial direction,
θ represents those components in the angular orientation, z represents those components
in the longitudinal direction, r is the radius of the cylinder, v is the velocity component,
g is the gravitational component, p is the pressure component, and µ is the viscosity of
fluid. Though the equations may look unwieldy, they merely equate the stress in the fluid
as the sum of viscous terms and pressure gradients. Meaning that a pressure difference will
attempt to move a fluid and the fluid will attempt to resist this change. This is precisely
how we have understood fluid flow to this point and we would do well to remember it going
forward. Our use of equations will help us to systemize our reasoning.

To begin with the simplest case, let us imagine an arbitrary blood vessel in the body as a
long, mostly straight, mostly cylindrical channel filled with blood. In such an environment,
we can assume negligible velocities in the radial and angular directions, that the velocity
in the longitudinal direction is a function of the radius, and that the effects of gravity are
negligible. Furthermore let us assume that the bloods viscosity is constant and the flow is
steady and incompressible. Substituting vr = vθ = 0, we can rewrite equation 1.2 as

0 = −∂p
∂z

+
µ

r

∂

∂r

(
r
∂vz
∂r

)
(1.4)
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Rearranging, we can integrate and integrate again to obtain a unbounded solution for
pressure driven cylindrical flow.
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)
(1.5)
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vz(r) =
r2

2µ

∂p

∂z
+ C1 ln(r) + C2 (1.9)

For an exact solution we must set boundary conditions. We can apply a no-slip condi-
tion at the vessel wall (vz(R) = 0) and a no-shear condition at the centerline (dvz(0)dr = 0) to
solve for the two unknown constants. Upon doing so we obtain a general velocity profile
for this particular kind of pressure driven flow within a cylinder:

vz(r) =
R2

4µ

∂p

∂z

(( r

R

)2
− 1

)
(1.10)

From this we can easily derive the famous Hagen-Poiseulle equation by integrating
the velocity profile described in 1.6 over the cross-sectional area of the vessel to obtain
volumetric flow rate, Q.

Q =

∫ R
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2πrvz(r)dr (1.11)
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Q = −πR
4

8µ

∂p

∂z
(1.13)

As the partial derivative in space approaches the length of the vessel to be measure
(that is, as ∂z → L), the pressure gradient can be replaced by the ratio of the total pressure
difference to the length of the vessel of interest, leaving us with a final formulation of

Q =
πR4∆P

8µL
(1.14)

From this cursory examination we can see that in this sort of context, we can identify
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three main components of resistance: the viscosity of the fluid, the length of the vessel, and
the radius of the vessel. Resistance is directly proportional to the viscosity of blood and the
length of the path it travels. Though there are many ways in which these two factors can
change, on a day-to-day basis, the length of vessels and the bloods viscosity can be treated
as constants. The third component, the radius of the vessel, has profound ramifications for
the fluid flowing within it magnifying their effects by the power of four. Intuitively, this
makes sense. The majority of frictional losses in a fluid occur along the boundary layer
where the effects of viscosity are at their greatest. Decreasing the radius increases the ratio
of this boundary layer to the rest of the cross sectional area, subjecting the blood to more
viscous forces at the expense of inertial forces.

The ratio of inertial (or momentum) forces to viscous forces was long ago popularized
by Osborne Reynolds [8]. Though Reynolds was not the first to formulate this ratio or
stress its importance (that honor should lie with George Stokes [9]), to this day the ratio
bears his name. The Reynolds number is defined as

Re =
ρvL

µ
(1.15)

where ρ is again is the density of the fluid, v is the velocity of the fluid, D is the
characteristic linear dimension (within a pipe, the hydraulic diameter is used), and µ is the
viscosity of the fluid. For fluids of relatively constant densities and viscosities, only the
velocity and the characteristic dimension affect the Reynolds number, indicating that either
parameters increase aids in overcoming viscous losses. Throughout the body, the value
of Re varies tremendously, from about 1 in small arterioles (where velocities are low and
diameters are small) to about 4000 in the aorta (the largest vessel with the fastest velocities),
indicating a wide variety of environments in which blood flows [10].

Another key characteristic affecting blood flow throughout the body occurs mere mo-
ments, mere centimeters, after blood is ejected from the left ventricle into the system cir-
cuit: the curvature of vessels. Though the approximation of vessels as long straight tubes
serves a useful purpose for many applications, twists and turns both large and small exist
in plenitude, and we must account for them.

When evaluating flow within curved vessels, we can turn to the work of William Regi-
nald Dean who developed a parameter relating centrifugal forces to viscous forces, by
combining the Reynolds number, Re, with a ratio of the inner tube radius, r, to the radius
of curvature along the centerline of the vessel, R:

De = Re ·
√

2r

R
(1.16)
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Fully developed flow through curved tubes tends to exhibit a net velocity that skews
toward the outer wall of the bend. This is true for most arterial flow. From a few basic
conservation laws (mass, energy, momentum), secondary flow will develop as a pair of
counter-rotating vortices with flow in the middle of the vessel moving toward the outer
wall. Flows with higher Dean number can separate along the inner wall of the curve. The
presence of curvature in blood vessels ensures that forces from the flow (from the shear
stress of blood along the wall or inertial forces from moment in the radial component of the
vessel) will not be equal. The unequal distribution of forces along vessel walls requires the
vasculature to compensate, often by thickening the lumen or increasing the inner diameter
of the vessel. These effects and their role in shaping vessels (especially in the context of
maturing physician created arteriovenous fistulas) will be discussed at greater length in
Chapter 2.

Further variables such as the temperature of the environment, the non-Newtonian vis-
cosity of blood, elastic wall boundaries capable of passive and active contraction and di-
lation, and secondary body forces, coupled with the already complex nature of continuum
mechanics, all conspire to make biological fluid flow an incredibly hard problem to fully
solve. However, each of these additional variables effects on flow for our present study can
be considered negligible compared to that of time-variance in fluid flow.

Unsteady, pulsatile flow through nearly all of the cardiovasculature dominates many
aspects of the system. From the varying pressure gradients directing blood flow through
the heart and the constantly loaded and unloaded stresses applied to the walls of the arteries
to the frequency component of cardiac output and the time given to fill the ventricles, the
pulse of the system affects it profoundly. These effects can be mechanically transduced as
by the endothelial cells of the vessel wall or physiologically manifest as with the filling
time. The time variance of blood flows cannot be ignored.

To model such flows fully with the Navier-Stokes equations would be difficult and
nearly impossible in all but a few cases (with still fewer interesting us). Long ago, John
R. Womersley developed a nondimensional parameter analyzing unsteady Navier-Stokes
equations with specific reference to biological flows to determine the ratio of unsteady
forces to viscous forces [11], simplifying our work and work of many others. This Womer-
sley number, α, is found by dividing the viscous forces into the transient inertial forces to
arrive at

α = L

√
ωρ

µ
(1.17)

where r is the inner radius of the tube, ω is the angular frequency of the oscillating
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Table 1.1: Diameter of blood vessels, the velocity of blood flowing within them, and their
corresponding Reynolds and Womersley numbers. From this the wide range of diameters,
velocities, Reynolds and Womersley numbers can be appreciated. All values were calcu-
lated assuming a heart beat of 75 beats per minute, a blood density of 1050 kg/m3 (at body
temperature), and a blood viscosity of 4 centipoise. Within the body, each of these param-
eters exist within a range, but for an order of magnitude assessment of the situation, this
table should suffice.

Vessel Diameter [mm] Velocity [cm/s] Reynolds number Womersley
Aorta 25 40 2700 18
Arteries 4 10 105 2.89
Arterioles 0.03 5 0.4 0.022
Capillaries 0.008 0.03 -* 0.006
Venules 0.02 1 0.05 0.014
Veins 5 5 66 3.61
Vena Cava 30 15 1200 21.6

flow, ρ is the density of the fluid, and µ is the dynamic viscosity. Since the density and
viscosity of blood remain relatively constant over time, we can see that the remaining two
factor influencing the Womersley number around the body as the size of the vessels and
the rate of the heartbeat. When the Womersley number is low, viscous forces dominate,
making velocity profiles parabolic and with the centerline velocity oscillating in phase
with the driving pressure gradient. Larger Womersley numbers (¿10), unsteady inertial
forces dominate. The amplitude of motion due to the oscillations decreases with increasing
Womersley number and the phase difference between the pressure gradient and flow grows.
In this way, oscillating flows act much like low pass filters (consult [11] for a clear example
of this).

A small table of typical flows, Reynolds numbers, and Womersley numbers throughout
various major vessels of the body can be seen in Table 1.1.

One final significant factor influencing blood flow is the Windkessel effect, which de-
scribes the interaction of the propagating stroke volume and the compliant vessels through
which it travels. The introduction of the bolus of fluid into the vasculature causes the
pressure to rise during systole (recall Figure 1.3), forcing blood through the vessel (a lon-
gitudinal pressure gradient), but also applying an outward pressure to the walls (a radial
pressure gradient). The vasculature being composed of compliant vessels allows for a vol-
ume expansion in response to this increased radial pressure, helping to compensate for
the introduction of the stroke volume.3 The elastic vessels (mainly the aorta and large ar-
teries) act as capacitors, storing blood during systole and discharging during diastole. In

3Indeed, it is by this mechanism that physicians are able to feel for a pulse at all!

22



this way, compliant arteries dampen fluctuations in blood pressure and assist with consis-
tent tissue and organ perfusion throughout the cardiac cycle. As one ages, elastic vessels
can become less compliant (hardening or becoming laden with atherosclerotic plaques),
increasing pulse pressure, leading to hypertension, itself a precursor to and symptom of
many cardiovascular disease (such as heart attack and stroke). For the work presented here,
it is important to understand the role of the Windkessel effect as a compensatory mecha-
nism (for the data presented on maturing fistula) while also acknowledging the complexity
it adds to fluid modeling (fluid-structure interactions are difficult to simulate and replicate).

This cursory examination of fluid flow within the body excludes many deeply impor-
tant aspects. Some will be discussed in other chapters (such as how fluid flow influences
vascular shaping), other will not (as must unfortunately be true of any but the most fully
fleshed out reviews). For the rest of this chapter, we will turn our attention to measuring
fluid volumes and their movement within the human body. Specifically, we will consider
the effective intravascular blood volume.

1.4 Renal function

As with many things in life, fluid volumes within the body must be balanced. Achieving
the optimal distribution of molecules, ensuring the availability of electrolytes (especially
the universally needed sodium and potassium), maintaining the global acid-base balance
and, most importantly to this discussing, regulating fluid balance across the body are the
chief the responsibilities of renal physiology. Often categorized as the prominent compo-
nent of the urinary system, this regulatory mechanism maintains the chemical and fluidic
homeostasis. The renal system achieves this homeostasis through three main functions: ex-
cretion, separating organic waste from fluids within the body; elimination, removing waste
products from the body into the surrounding environment; and regulation, maintaining con-
sistent volume and solute concentrations of blood plasma. Through these means the urinary
system plays an important role creating and sustaining intravascular volume.

The primary actors of the urinary system are the kidneys. The kidneys a pair of organs
located on either side of the spine in the abdominal cavity in humans usually between
T12 and L3 filter blood by separating water-soluble wastes from the rests of its contents.
Beginning the process, blood is received by the kidneys through the renal artery originating
along the lateral surface of the abdominal aorta. With a direct connection to the abdominal
aorta, the kidneys receive a very large amount of the blood pumped through the system
approximately 20-25% of the total cardiac output is directed into the kidneys. Such a
large proportion of the total cardiac output emphasizes the significant role filtration plays

23



Renal artery

Segmental 
arteries

Ureter

Interlobar 
arteries

Acruate 
arteries

Capsule

Renal 
pyramid

Interlobular 
arterioles

Nephron 
(enlarged)

Figure 1.7: A schematic representation of the kidney. Blood flows from the renal artery
into the segmental arteries to the interlobar arteries to the acruate arteries to the interlobular
arteries until finally reaching the capillary beds of individual nephrons. Once there filtration
can begin with excess fluid removed, traveling from the ureter into the rest of the urinary
system.

in cardiovascular regulation.
Once in the kidney, the renal artery divides several times until they are finally capil-

laries upon whom filtration will act. First the renal artery is divided into a series of seg-
mental arteries that further divide into interlobar arteries. These interlobar arteries supply
blood through to the arcuate arteries that lie along the boundary between the cortex and
the medulla of the kidney (see Figure 1.7). The acruate arteries divide into cortical radi-
ate arteries (also called interlobular arteries) that then feed into afferent arterioles, which
then deliver blood to the capillary beds of individual nephrons, the basic functional and
structural unit of the kidney. Each nephron consists of both a renal corpuscle, a spherical
structure marking the beginning of the nephron made of a glomerulus and a glomerular
capsule, often called Bowmans capsule, and a renal tubule, a long slender tube-shaped
structure containing the tubular fluid. Blood from the afferent arterioles is fed through to
the glomerulus, a structure of a few dozen intertwining capillaries. Pressure gradients (dis-
cussed further on) force water and solutes to be filtered out of the blood and into capsular
space.

The filtered product, known as filtrate, exiting the renal corpuscle is similar to protein-
free blood plasma. From the capsular space, the filtrate will enter the renal tubule wherein
organic materials and nutrients will be recovered, much of the water from the filtrate will
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Figure 1.8: A simplified representation of renal function. Blood traveling through the
afferent arteriole enters the glomerular capillaries in Bowman’s capsule, where filtration
occurs. Blood passing from the efferent arteriole reabsorbs and secrets fluids and materials
in the peritubular capillaries, draining finally into the renal vein. All filtered fluid not
reabsorbed is excreted.

be recovered, and transporting the remaining wastes further for eventual discharge. This
process ensures that useful substrates present in blood plasma (such as sugars and amino
acids) are retained while wastes are separated and transported further for removal. As
the filtrate passes through the tubule it is transformed into tubular fluid, which gradually
changes its composition until finally becoming urine. A simplified schematic of this process
can be seen in Figure 1.8.

Urine, the end product of collected metabolic wastes residing in the blood, is composed
of three prominent organic wastes: urea, the most abundant organic waste formed mostly
from the breakdown of amino acids; creatinine, the waste product of the high energy com-
pound, creatine phosphate, driving muscular contraction; and uric acid, the waste produced
during the recycling of nitrogenous bases from RNA molecules. Each of these waste prod-
ucts can only be removed when dissolved in urine and thus their excretion is accompanied
by unavoidable water losses. However, because the kidneys are able to produce urine ap-
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proximately four times more concentrated than that of blood plasma, the fluid losses are
minimized.

Here, as elsewhere, we see the presence of pressure manifest as a mode of action. Two
distinct pressure gradients act in this space. The first pressure gradient, formed by the dif-
ference in the glomerular and capsule pressures, is a fluid pressure and is similar to those
driving the fluids throughout the cardiovascular system. A high-pressured environment is
created in the glomerulus by the arrangement of smaller efferent arteries proceeding from
larger afferent arteries causing the pressure in the glomerular capillaries beds ( 50 mmHg)
to be significantly higher than those in typical systemic capillaries ( 35 mmHg). Pressure
in Bowmans capsule occurs from the resistance caused by the filtrate flowing through the
tubule and is typically around 15 mmHg. The second pressure gradient results from an
osmotic pressure difference, a phenomenon that occurs in solutions of different concentra-
tions. When the osmotic pressure is created by differing concentrations of proteins, this is
referred to as oncotic pressure. In this case, the oncotic pressures of the glomerulus and the
capsule are caused by the presence and absence of blood plasma proteins, respectively. The
combination of these pressures acting across the interface of the glomerulus and the cap-
sule produce the driving force pushing the fluid into the capsular space. The rate at which
fluid is filtered is known as the glomerular filtration rate (GFR) and can be represented via
the Starling equation as

GFR = KF [(PG − PB)− (πG − πB)] (1.18)

where KF is the filtration constant representing the product of hydraulic conductivity
over the surface area of the acting glomerular capillaries, PG is the hydrostatic pressure of
glomerular capillary, PB is the hydrostatic pressure of Bowmans capsule, πG is the oncotic
pressure of the glomerular capillary, and πB is the oncotic pressure of Bowmans capsule.

Glomerular filtration is the crucial first step to all kidney function and therefore its rate
must be highly controlled. Were this first step of filtration to fail many adverse conse-
quences would follow such as wastes no longer being excreted, pH no longer remaining in
balance, and a vital component of blood loss compensation would be unavailable. Three
different mechanisms regulate the glomerular filtration rate: autoregulation, hormonal reg-
ulation, and autonomic regulation.

Autoregulation works at the level of the kidney and ensures that an adequate filtration
rate is maintained regardless of changes in blood pressure and flow. Changes in local blood
pressure trigger the arteries, arterioles, and capillaries to respond in kind to maintain a
constant flow rate. Recall the fluid flow relationships described above. If a pressure drop
were to be initiated, the afferent arteriole would dilate while the efferent arteriole would
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constrict to counteract its effects. The converse relationship is also true. In so doing, blood
flow and glomerular pressure can be kept within a consistent level regardless of systemic
blood pressure.

Hormonal regulation of the glomerular filtration rate is regulated via the product of
both the renin-angiotensin system (a hormone reaction occurs across the kidneys, liver,
and circulatory system) and of natriuretic peptides (hormones produced by atrial and ven-
tricular distension). A specialized set of cells in the kidneys, known as juxtaglomerular
cells, synthesize the enzyme renin in response to decreased blood pressure at the glomeru-
lus (as a result of decreased blood volume, decreased systemic pressure, or blockage of
the renal artery), stimulation from sympathetic innervation, or reduced osmotic concen-
trations within the tubular fluid. These three phenomena are intimately related and can
occur concurrently. In each case they are triggered by pressure or volumetric changes,
usually within the vasculature. Renin, having been released into the bloodstream by the
juxtaglomerular complex, converts an inactive protein within blood plasma, known as an-
giotensinogen into angiotensin I which is then converted into angiotensin II by the aptly
named angiotensin-converting enzyme. This final state of the hormone, angiotensin II, af-
fects many aspects of human physiology such as constricting the efferent arteriole in the
nephron (increasing glomerular pressures and filtration rates), stimulating aldosterone re-
lease from the suprarenal glands (increasing sodium reabsorption in the tubule), and ampli-
fies the release of antidiuretic hormone throughout the central nervous system (increasing
sympathetic motor tone, initiating peripheral vasoconstriction, and mobilizing the venous
reservoir). The combined effect of these responses causes systemic blood volumes and
pressures to increase with the release of renin, stabilizing the glomerular filtration rate
should a pressure or volume drop occur. If blood volume or pressure were to increase,
however, under normal conditions the glomerular filtration rate would increase in response,
promoting fluid evacuation.

Finally, autonomic innervation of the kidneys allows for sympathetic activation to over-
ride the local autoregulation control previously described. Here sympathetic stimulation
has one predominant effect: it will induce vasoconstriction of the afferent arterioles, regard-
less of all other control. This serves to instantaneously decrease the glomerular filtration
rate, allowing fluid to be retained momentarily. Sympathetic activation of this regulatory
mechanism stems from acute and significant disturbances of the cardiovascular system such
as a massive drop in blood pressure or a heart attack.

These three regulatory functions serve the same end: to optimize the fluid and waste
removal rate to ensure a stable physiological environment.
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1.5 Volume status

Extending the metaphor of the heart as a pump, the vasculature as pipes, and the blood as
the fluid affected by them, we will leverage a metaphor made popular by Pereras Rapid
Ultrasound in Shock evaluation protocol [12, 13] and consider another key aspect of this
overall system: the tank. The tank, representing the effective intravascular volume status
(here and elsewhere often shortened to simply volume status), is the measure of how much
blood a person has to work with in their circulatory system at any given time. Intravascular
volume is a crucial conceptual framework employed by clinicians to guide the treatment
of critically and acutely ill patients. Modulation of this circulating blood volume is the
foundation of many types of fluid treatment, itself a pillar of current medical practice.

One of the most important things a clinician can do for their patient is insure optimal
oxygen delivery to their tissues. If we were to peak beyond the borders of Figure 1.4, we
would see that the function of cardiac output itself is to drive oxygenated blood to periph-
eral tissues for perfusion and exchange. To sustain this feedback-control loop, water and
electrolytes are necessary. People obtain both through their diet and under normal circum-
stances will maintain a homeostatic condition of normovolemia (or euvolemia), sustaining
a cardiac output sufficient to meet the needs of the whole body. This may, as many things
can, go wrong in a number of ways.

Focusing on just those ways that in which volume status can impede proper tissue oxy-
genation, we can imagine that there are only two ways this can happen: a person can either
have too much fluid in their blood hypervolemia or a person can have too little hypo-
volemia. Hypervolemia, also known as fluid overload, usually results from compromised
regulatory mechanisms for electrolytes (primarily sodium) and water, as is the case in con-
gestive heart failure, kidney failure , and liver failure (conditions responsible for millions of
deaths around the globe annually [1]). Hypovolemia, also known as fluid depletion, results
from large losses of volume such as vomiting, diarrhea, hemorrhage, etc. In either case,
solutions exist to compensate for the fluid imbalance (sodium/fluid restriction or removal
in the case of hypervolemia and infusions of replacement fluids in hypovolemia) in an at-
tempt to optimize cardiovascular and tissue oxygenation parameters. Each solution type is
predicating on altering the individual return and output curves constituting cardiac function
(recall Figure 1.5).
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1.6 Monitoring

Determining the presence and extent volume related conditions is crucial for diagnosing
their underlying causes and to correct for them. Thus, one of the first steps in the treatment
of critically and acutely ill patients is an accurate assessment of their intravascular volume.

From a clinical perspective, that is, from the perspective of someone trying to treat
a patient, a more useful measure than volume status alone would be a patients volume
responsiveness. Here a distinction must be made. It is not enough to merely know how
full the tank is, clinicians must know how they can alter its contents (by either adding or
removing fluids) and in what ways this alteration will affect the health of their patients.
Therefore, in this context it is more pertinent to speak in terms of a patients potential
response to a fluid than it would be to that patients overall volume. A simple enough test
for responsiveness can be thought of easily: give patients some volume of a fluid and see
how they respond. This is known as a fluid challenge and it gives clinicians the ability to
gauge the preload reserve of patients [14], allowing them to identify those patients likely
to benefit from further volume resuscitation. Such a technique is utilized in many cases,
such as apparent hypovolemia, hypoperfusion, or in at-risk surgical patients [15, 16]. One
must be careful in implementing and interpreting a fluid challenge, though, as research
has shown that healthy volunteers can experience significant increases in stroke volume in
response to virtual fluid challenges [17], suggesting that although one may respond to an
initial fluid challenge, a continued fluid loading treatment may not be necessary.

Furthermore, a fluid challenge is limited to those patients whose ventricular wall could
be distended from a small increase in volume. For those patients with stiffened hearts
or those already hypervolemic, this type of test cannot yield any viable results of either
volume status or usefully scale volume responsiveness. For those situations where a fluid
challenge may not be possible or appropriate, many other techniques have been proposed
and utilized throughout clinical practice.

However, several of the techniques used to predict this volume responsiveness only do
so correctly about 50% of the time. Pair this with the fact that only about 50% of critically
ill patients respond to volume expansion [18] and ones mind may begin to reel with the idea
that clinicians need a better way of detecting volume status and volume responsiveness to
treat their patients. The approach I have taken to assess volume responsiveness, one that I
believe the evidence shows is better than each of those listed below, is outlined thoroughly
in Chapter 3. For now, let us review the state of the field and see where each technique
excels and where it may stumble.

Of the various ways clinicians have at their disposal to measure volume status and
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responsiveness, multiple different kinds of classification systems that can be made. One
convenient classification system that many researchers on the topic have used is dividing
the field into static and dynamic measures [19, 20, 21]. The distinction here between static
and dynamic is whether a signal needs to change with respect to something (time, a respi-
ratory maneuver, etc.) to reflect volume status/responsiveness. Those that require a change
are said to be dynamic, those that do not require a change, static. A further useful subdivi-
sion exists between what each of these techniques measures. In the case of volume status
assessment the primary parameters of interest are pressures, volumes, and variations there
of. Pressures and volumes without variation lie within the static side of our categorization
and those with variation constitute part of the dynamic side of our category.

1.6.1 The physical exam

An exception to the categories proposed above exists in that workhorse of clinical meth-
ods: the physical exam. Nearly as old as the medical field itself, the physical exam is one
of the first lines of inquiry to assess many facets of patient health. The same is true when
attempting to assess volume status. Studies have found the most useful parameters of the
physical examination to be pulse excitation in response to postural changes (≥30 beats per
minute) and dizziness for diagnosing hypovolemia in patients [22] and paroxysmal noc-
turnal dyspnea, orthopnea, and peripheral edema for diagnosing hypervolemia in patients
[23]. These studies were conducted on patients with acute blood loss and heart failure,
respectively, and their applicability beyond these types of patient populations is not doc-
umented. When asked to predict hemodynamic variables obtained via pulmonary artery
catheterization, physicians did so correctly 24-55% of the time [24]. Such findings indicate
to many that a physical examination alone is insufficient to predict the volume status or
responsiveness of a patient [25].

1.6.2 Static measures of intravascular volume

To reiterate, as opposed to its more conventional meaning, a static measure of volume
assessment does not mean that the signal itself does not vary with time, patient position, or
stimulation. Rather, static measures are those whose values when measured are intended to
provide information relevant for decision making. By way of a clarifying analogy, consider
measuring the fullness of a car tire with via the pressure of air within it. Over the course
of a day the overall pressure within the tire will vary as temperatures rise and fall. Even
as one drives, the localized pressure distributions will change as one region of the tired
experiences loading by making contact with the road. Even with all this variation, a single

30



static measurement of pressure can be useful to tell us whether or not we should add more
air to our tires. So it goes with static measurements of volume status.

Static measures can be subdivided into either those utilizing pressures or those utilizing
volumes. The principle pressure measurements that have been used for volume assessment
include central venous pressure and pulmonary artery occlusion pressure. The volume
measurements include right ventricular end-diastolic volume, left-ventricular end-diastolic
area, inferior vena cava diameter, and bioimpedance vector analysis. Though not each
of these reports a volume (one reports an area, another a diameter, the third a vector of
resistance), they each represent an underlying volume of interest and are best thought of as
doing so. Though there is a relationship between pressures and volumes, in the complex
environments of the body (especially the broken body), they are not directly related nor can
they necessarily be converted from one to the other. Hence, for examination of them we
will consider their measurements separately here.

1.6.3 Pressures in general

As previously emphasize, flows stem from pressures. It makes sense, therefore, for those
interested in gauging flows to turn toward pressures for guidance. For clinicians interested
in where blood is, where blood is going, how it is getting there, and what it is doing once
there, knowing the pressures of the environment provides insight into flow and volume
related phenomenon critical for hemodynamic monitoring and assessment. Researchers of
volume status and responsiveness have used and are currently using many pressures in an
effort to make diagnoses and guide treatment. What follows is a short review of a few of
the key pressure based techniques used to assess intravascular volume status.

1.6.3.1 Central venous pressure

Perhaps the most familiar and most hotly debated parameter for guiding fluid management
is central venous pressure, the pressure of blood in the vena cava near the right atrium.
Famously proposed as one of the key parameters to which therapy should be targeted [26]
and a staple of international guidelines for initial resuscitation while the treating severe
sepsis and septic shock [27], the reasons for central venous pressures use or non-use or its
use combined with other parameters in critical care hinge on what the pressure represents
physiologically, what it does to influence fluid flow, and, most importantly, what it says
about the volume status of the patient.

Venous pressures arise from arterial pressures being transmitted through the capillar-
ies beds. As the heart cannot pump out any more blood than it receives, cardiac output is
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beholden to venous return. Going through the chain of causation previously outlined, we
recognize that cardiac output is dependent on stroke volume which is dependent on preload
which is determined by the preload, itself a factor of the filling time and venous return,
which is a function between of the filling pressure and the right atrial pressure. Propo-
nents of the metric contend that in many useful clinical settings right atrial pressure can
be thought of directly through the surrogacy of central venous pressure, and therefore may
considered a reliable indicator of right ventricular preload [26, 28]. Therefore, central ve-
nous pressure is thought to give some measure of cardiac output, manifest through venous
return.

Equating central venous pressure with right atrial pressure for a moment, the venous
return function can be represented mathematically, first presented by Guyton [29], as

Venous Return =
f(MCFP ) · f(D)

ν
· (MCFP −RAP ) · C (1.19)

where f(MCFP ) represents a function governing the filling pressure, f(D) is a function
of the dimensions of the peripheral circulatory system, ν is the viscosity of the blood,
RAP is the right arterial pressure, and C is a mathematical constant for scaling the other
factors. We can see from equation 1.19 that there are only a few ways of increasing venous
return: we can increase mean systemic pressure, decrease right atrial pressure, or increase
the difference between them. (One could also alter the arterial and/or venous resistances
or the viscosity of the blood, but these are strategies not implemented to any great clinical
extent current and will not concern us here.) Evidence for the existence of relationship has
shown that it is an effective means of predicting the results of a fluid challenge [30].

Here confusion of the matter may begin. As measured and reported, central venous
represents the pressure within intrathoracic cranial or caudal the vena cava relative to the
atmosphere [28, 31]. Central venous pressure is not only not equivalent to right atrial for a
great many cases, but ventricular preload is actually determined by intrathoracic transmu-
ral pressure, which is the difference between the intracardiac and extracardiac intrathoracic
pressures. Transmural pressure is the more physiologically relevant parameter [31, 32] as
it is actual pressure that distends the elastic structures of the heart and vessels and along
whose gradients flows and forces act. Measuring the difference between the two com-
ponents of transmural pressure is difficult and often not feasible in clinical practice and
therefore, clinicians rely on central venous pressure as an approximation of much of the
same information.

Measuring a single cannulated vessels pressure with respect to the atmosphere to obtain
Adding further to the difficulty of the matter is the fact that the information central

venous pressure is meant to represent lies at the intersection of two functions of cardiac
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Figure 1.9: Central venous pressured via insertion of a central venous catheter, also known
as a ”central line.” The tip of the pressure transducer is fed through the vasculature into the
superior vena cava until it is placed just outside the right atrium. A peripherally inserted
catheter, or a ”PICC line,” can also be used to obtain central venous pressure measurements,
using the peripheral vascualture to guide the pressure transducer tip to the same point in
the vena cava.

performance: venous return and cardiac output (consider Figure 1.5). While the two func-
tions are related, they can and do vary independently in a number of ways (as previously
discussed).

Leaving to one side the difficulty in interpreting the bare signal of central venous pres-
sure, a problem in consistently measuring it arises when different caregivers are asked to
place the pressure transducer. Significant variability exists when different people are asked
to place lines in different patients [33]. The variability in the final measurement can be
greater than the magnitude of the pressure signal itself, leading to wildly different clinical
decisions. As patients with the most precarious fluid balance problems are those that are
most likely to have their central venous pressure monitored, it is precisely those who need
an accurate measurement most that are most susceptible to errors in measurement.

Finally, there many have demonstrated that central venous pressure poorly predicts the
volume status [34, 18, 35, 36], demonstrating a power of prediction right around a coins.
The reasons given for central venous pressures poor predictive power can be understood
from the context in which it is extracted. As I have previously mentioned, though pressure
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Figure 1.10: Fed through a peripheral vein, in this case the femoral, the balloon tip of the
Swan-Ganz catheter is guided through the right atrium into the right ventricle up through
the pulmonary artery. When the balloon is inflated, blood flow is obstructed and the re-
sulting pressure difference on either side, the pulmonary artery occlusion pressure, results
from the pressure of the left atrium. The end-diastolic pressure in the atrium is treated as
an equivalent of the pressure (and volume) in the left ventricle, and thus cardiac preload.

and resistance are two very significant contributors to blood flow (and thus blood volume
shifts), many other factors including venous return to the heart, right (and left) ventric-
ular compliance, peripheral venous tone, and patient habitus and posture all factor into
the pressure measured. Furthermore, in hypovolemic patients with a functioning sympa-
thetic response system, CVP has actually been observed to fall in response to fluid with
reduced compensatory venoconstriction. It is not merely hard to account for these vari-
ous confounding factors, it makes such a measurement unusable in many disease states of
the critically ill such as those with pulmonary vascular disease, right and left ventricular
disease and failure, and many valvular heart diseases. Given these many factors, it is pos-
sible to be fluid responsive with a high CVP and to be non-responsive with low CVP, the
opposite of intuition and theory.

Nevertheless, there are those who believe that if the limitations of such a measurement
are respected, some relevant information can be gleaned [28, 37]. It is still used in many
clinics globally.
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1.6.3.2 Pulmonary artery occlusion pressure

Pulmonary artery occlusion pressure, variously known as pulmonary artery wedge pres-
sure, pulmonary venous wedge pressure, pulmonary capillary wedge pressure, pulmonary
wedge pressure, or simply wedge pressure, provides an indirect estimate of left atrial pres-
sure. Pulmonary artery occlusion pressure is measured by inserting a small balloon-tipped
catheter (known as a pulmonary artery or Swan-Ganz catheter) into a peripheral vein (usu-
ally a jugular or femoral), feeding it through the right atrium, through the right ventricle,
into the pulmonary artery. Once there, the distal end of the catheter measures pressure in the
pulmonary artery (usually around 10-25 mmHg through diastole and systole). The catheter
can also measure those pressures behind the pulmonary artery (from the right ventricle)
and in front of the pulmonary artery (from the left atrium). Upon inflating the balloon,
the pulmonary artery is obstructed, causing the pressure to drop rapidly, until it reaches a
stable lower value (normally around 8-10 mmHg). All pressures behind the balloon are
blocked and only those pressures from the left side of the heart are measured, specifically
this occluded pressure is the left atrial pressure. During diastole when the mitral valve is
open, the left atrium and the left ventricle become equally pressured. Thus, left ventricular
end-diastolic pressure is equivalent to the pulmonary artery occlusion pressure. Theoreti-
cally, this left ventricular end-diastolic pressure should reflect left-ventricular end-diastolic
volume (preload) and thereby was thought to be a good candidate for monitoring volume
status.

Many studies have proven this untrue [4, 38, 39]. One of the assumptions about the use
of pulmonary artery occlusion pressure to determine preload is that volume be proportional
to pressure and that this proportionality can either be assumed or measured. Unfortunately,
this pressure-volume relationship describing left ventricular compliance is often too com-
plicated in practice for a physician to measure and too variable in context for one to simply
assume. Left ventricular compliance is affected by preload, afterload, left ventricular wall
thickness, elasticity, and stiffness [40, 41, 42], all of which can be radically altered in dial-
ysis, diabetes, obesity, aging, myocardial ischemia, sepsis, etc.

1.6.3.3 Other pressures

Though still widely used, cardiac filling pressures do not appear to reliably predict fluid
responsiveness [38]. Some contend that mean systemic filling pressure would be the most
accurate measure of volume status [37] because of its roles in venous return. Even here,
some will hedge by contending that such a measurement is not possible clinically. Others,
going further, challenge this notion

35



Figure 1.11: Right ventricular end-diastolic volume represent the amount of blood left in
the right heart at the end of diastole. The volume of the right ventricle at the end of diastole
is difficult to measure with bedside techniques and is thus usually back-calculated from
thermodilution based methods for determining ejection fraction.

1.6.4 Volumes in general

One of the most obvious ways one can think to measure the circulating volume in the
body would be to start by measuring volumes being pumped through the heart. If one
could measure the volume of blood being ejected out of the heart, the amount of blood
returning to the heart, or the volume of blood/plasma through, then certainly a measure
circulating volume could be gleaned. Though they specifically measure an area, a diameter,
or even total body conductivity, each of the techniques that follow measure some underlying
volume to assess intravascular fluid status: an area merely requires a third dimensional
extension to represent volume, a diameter a long cylinder stands as a proportional measure
of volume, and total body conductivity is a function of the volume of conductors.

1.6.4.1 Right ventricular end-diastolic volume

End-diastolic volume is the upper bounds of the stroke volume calculation. It is the most
blood that is ever present in the ventricles and one of two parameters influencing stroke
volume. Measuring end-diastolic volume should therefore be a good indicator of volume
status and a key predictor of stroke volume and cardiac output. Pulmonary artery catheters
outfitted with fast acting thermistors enable calculation of the right ventricular end-diastolic
volume by measuring the temperature drop between two successive heart beats and corre-
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lating that to the right ventricular ejection fraction. Once the ejection fraction is known,
the right ventricular end-diastolic and end-systolic volumes can be calculated from the
stroke volume. Though some researchers have found end-diastolic volume to accurately
predict preload, cardiac indices, and more accurately guide fluid resuscitation treatments
[43, 44, 45], others have not found the measure reliable [4, 38, 46]. The reason for these
conflicting results is not clear, but some believe it stems from the calculation from the
thermodilution-derived right ventricular ejection fraction [46].

1.6.4.2 Left ventricular end-diastolic area

Here as elsewhere, pressure-volume relationships serve as the foundation for intravascular
volume. Fluids driven by venous pressure fill the heart during diastole. For a given cardiac
compliance, how much fluid is driven into the ventricle should thereby be a function of
the filling pressures, and how large the ventricles are should be a function of the fluid
within them. In this way it is thought that if one could measure the dimensions of the
ventricles, one could determine preload, and with that, gain some insight into the fluid
status of the patient. Indeed, evidence exists that area of the ventricle at the end of diastole
measured through transesophageal echocardiography in mechanically ventilated patients
can predict volume status and responsiveness [47, 48, 49]. However, other studies have
failed to replicate finding [50, 51]. One possible reason for the inconclusiveness of this
technique lies in the difficulty of interpreting absolute values of the left ventricular end-
diastolic area, as baseline cardiac anatomy and physiology vary widely among patients
[52]. As a single static measure, ventricular dimensions cannot accurately assess where
a patient lies on the Frank-Starling curve and thus have difficulty in providing metric by
which decisions can be made.

1.6.4.3 Inferior vena cava diameter

There are two vessels that return deoxygenated blood from the systemic system to the heart
from the upper and lower halves of the body, the superior vena cava and the inferior vena
cava, respectively. Both vessels empty into the right atrium and thus the pressure in both
vessels is equivalent to, or nearly equivalent to, right atrial pressure. Because the vena
cavae are large, highly compliant vessels, their size can is thought to be reflective of right
atrial pressure, like central venous pressure, and therefore venous return, itself an indication
of volume status.

To measure the size of the vena cavae, subcostal echocardiography is employed, which
in the majority of cases only allows the inferior vena cava to be visible, as seen in Figure
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Figure 1.12: The inferior vena cava (IVC) as measured through subcostal echocardiogra-
phy. The heart, right atrium (RA), liver, hepatic vein (HV), and common bile duct (CBD)
all provide landmarks by which to make a consistent IVC diameter measurement.

1.12. Since the two vessels are roughly equivalent pressures, it does not matter which one is
measured. A few researchers have demonstrated that the mean end-diastolic diameter of the
inferior vena cava correlates well with mean right atrial pressure in spontaneously breath-
ing and mechanically ventilated patients [53, 54]. Other researchers have demonstrated the
ability to distinguish between hemodynamically stable and unstable patient populations
based on the maximum (end-expiratory) inferior vena cava diameter [55] and could pre-
dict the recurrence of shock after fluid resuscitation better than mean arterial pressure or
heart rate [56]. Unfortunately, these absolute measures of inferior vena cava diameter are
essentially indirect indicators of central venous pressure and suffer from many of the same
limitations.

1.6.4.4 Bioimpedance vector analysis

Related to the technique proposed in Chapter 3, bioimpedance vector analysis for analyz-
ing fluid status has come into prominence over the past two decades because of its relative
simplicity and its usefulness in key areas, such as measuring whole body fluid volumes.
To use the bioimpedance vector as a metric of volume status, a functional relationship was
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empirically established, by normalizing both resistance and reactance to a patient specific
metric, usually by dividing these values by their height. Having performed many exper-
iments, researchers and clinicians have been able to establish the bounds where a typical
vector sought to land given a patients hydration status. Where the tip of the normalized
vector lands, can therefore indicate whether a patient has more or less fluids and/or more
or less soft tissues (see Figure 3.7).

A number of studies have shown that the vector length is proportional to whole-body
fluid volume with a high degree of correlation and accuracy, having been validated in
many patient populations (kidney, liver, and heart failure) to assess volume status [57].
Bioimpedance vector analysis has proven especially effective evaluating the static volume
status in both heart failure patients [58, 59] and for those patients undergoing dialysis.

1.6.5 Dynamic measures of intravascular volume

The body has its cycles. A great deal of attention to this point has spent on the cardiac
cycle, the beating of the heart. But there is one other cycle near this frequency range that
will concern our investigations here. That is the respiratory cycle, the breathing of the
lungs. Much as the purpose of the cardiovascular system is to insure that blood volumes
get to where they are needed throughout the body, the purpose of the respiratory system is
to insure that gases get to where they are needed throughout the body and removed from
where they are not.

The most readily apparent actors in this drama are the lungs, which are able to fulfill
many of their roles with the help of the pressure changes caused by a thick muscular struc-
ture known as the thoracic diagram. Under normal circumstance, inhalation starts with the
diaphragm contracting, flattening its curved shaped, increasing the volume of the thoracic
cavity, inducing a negative pressure gradient and causing air to be drawn into the lungs.
During exhalation, the diaphragm relaxes, returning to its dome shape, decreasing the vol-
ume of the lungs, increasing intrapulmonary pressure, and forcing air out of the lungs.
This entire process takes about 2-5 seconds for average healthy adults (for an average rate
of 12-30 breaths per minute).

Respiratory induced pressure changes are not merely confined to the lungs. The move-
ment of the diaphragm and its and associated pressure/volume changes affect many other
aspects of the body. Relevant to the interests of the work presented here are the effects
such changes have on the cardiovascular system and more specifically on the measurement
of hemodynamic parameters necessary to guide fluid treatment. These respiratory induced
variations have the added benefit of acting as a kind of perturbation to the system, often
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in the form of cyclic loading. By dynamically exciting the system of interest, respiratory
changes reveal more than a single static measurement can offer.

Dynamic respiratory responses are especially relevant in cases of mechanical ventila-
tion, where a device assists or replaces a patients breathing by inducing a pressure gradient
within the intrathoracic cavity. Ventilation can either be through positive pressure where
air (or any specified gas mixture) is pushed through the trachea into the lungs or through
negative pressure most famously embodied by the iron lung, where a large vacuumed en-
vironment is formed around the outside of a patients chest, to force air to be pulled into
the lungs. If we remember that much of the effort of clinicians in emergent and intensive
care settings is to facilitate oxygen delivery throughout the body, then the prominent role
of mechanical ventilation (to get oxygen to and remove carbon dioxide from the lungs of
patients) in these settings becomes apparent. Mechanical ventilation can thus serve the
dual role of treating the patient and enabling respiratory specific measures of circulating
volume.

1.6.6 Variations in general

Perturbing a system and gauging its response is one of the most established means by
which to characterize said system. By inputting a known signal, one can learn how the
system behaves by measuring how the signal is modulated throughout. In the dynamic
measures of volume status, some portion of the cardiovascular system is subjected to a
perturbation (an increased pressure, an increased volume) and an end point is measured
(vital sign change, stroke volume increase). The extent to which the input independent
variable (say preload) causes a change in the dependent output variable (say cardiac output)
can be viewed from a volume responsiveness perspective (in this case, how one moves
along the Frank-Starling cardiac output curve). Variations in signals which are already
present (such as stroke volume or the diameter of the inferior vena cava) in response to a
stimulus thus offer a more nuanced view of volume status than any single static measure
[60].

Many researchers have uncovered a trove of good techniques for assessing volume sta-
tus and responsiveness using dynamic techniques based on respiratory and selective pres-
sure loading including stroke volume and pulse pressure variation, esophageal Doppler
monitoring, echocardiographic assessment of inferior vena cava collapse, and electrical
impedance based volume measurements. The effectiveness and limitations of each of these
techniques are discussed below.
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1.6.6.1 Stroke volume variation and pulse pressure variation

Used almost exclusively for patients receiving positive pressure ventilation, stroke volume
variation and pulse pressure gauge volume status based on a simple anatomical and physi-
ological connection between the cardiovascular and pulmonary systems. Positive pressure
ventilators periodically push air into the lungs, decreasing the preload and increasing the
afterload of the right ventricle. The decrease in right ventricular preload stems from the de-
crease in venous return caused by the increased pleural pressure during forced inspiration.
The accompanying transpulmonary increase in pressure causes the afterload in the ventri-
cle to also increase. The combined decrease in preload and increase in afterload causes the
stroke volume from the ventricle to decrease, reaching a minimum at the end of inspira-
tion. This inspiratory reduction in right ventricular stroke volume decreases left ventricular
filling after a lag of about two or three beats as blood makes it trip through the pulmonary
circuit. Decreased left ventricular preload reduces left ventricular stroke volume, doing
so at its minimum during the expiratory period. It follows, then, that respiratory induced
variations in magnitude of ventricular stroke volume indicate should indicate preload de-
pendence [61].

Extending the logic of this assumption from stroke volume to the pulse pressure, one
must contend that for a given elastic artery, the amplitude of the pulse pressure is a function
of stroke volume. This is true enough for the most part and as such stroke volume variation
and pulse pressure variation can be considered roughly equivalent, especially in the case
of their use in assessing volume responsiveness, where they are meant to estimate where
along the Frank-Starling curve a patient is (see again Figure 1.5).

Stroke volume is rarely measured directly. Instead it is usually calculated from an
arterial pressure waveform, if the arterial compliance and systemic vascular resistance are
known or estimated [62]. Three main systems are currently used clinically: the FloTrac sys-
tem from Edwards Lifesciences, the PiCCO monitoring system from Pulsion, and LiDCO
system from LiDCO. Each is invasive, requiring either a peripherally or centrally inserted
arterial catheter, and each must be calibrated to make use of the pressure-volume conver-
sion algorithms in their pulse contour analysis: the FloTrac requires patient information
including demographics and physical characteristics and the PiCCO and LiDCO system
require indicator dilution cardiac output measurements. The later two systems are also
capable of measuring pulse pressure variation.

Though pulse pressure is routinely measured directly in clinic (via a blood pressure
cuff), the methods to do so are often cumbersome and not suited for the longer term eval-
uation needed for variation analysis. Invasive methods for measuring arterial and venous
pressures are available, indeed we have mentioned many above, but are avoided for many
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Figure 1.13: A typical arterial waveform collected using photoplethysmograpy. The respi-
ratory induced variation in the waveform is used to determine a subjects volume status.

reasons (to prevent infections, secondary injuries, etc.). Therefore what is often used for
pulse pressure variation analysis is the waveform generated from pulse oximetric plethys-
mography. Pulse oximetry a technique by which to measure oxygen saturation via a pho-
tospectroscopic algorithm through a small portion of a patients body (such as a fingertip or
an earlobe) allows for non-invasive measurement technique that reliably tracks the arterial
pressure component [63, 64]. In addition to determining oxygen saturation, pulse oximetry
gives some sense of the change in volume occurring at the region of interest, and is thus
a plethysmographic technique. In the short term, the volume in the peripheral vasculature
results from changes in pressure, and the vast majority of those pressure changes stem from
the arterial components.4 In this way, the arterial waveform can be measured photoplethys-
mographically. Going still further, an envelope of the arterial pressure waveform can be fit
to reveal a respiratory influence (see Figure 1.13). Defining the pulse pressure variability
as the difference in the maximum and minimum values of the pulse pressure wave normal-
ized to the maximum value ((PPMax − PPMin)/PPMax), it can now serve as a method to
gauge volume status, with the mechanism of action and the logic of the approach directly
analogous to the stroke volume variation case.

A meta-analysis of the literature surrounding fluid responsiveness in arterial waveform
variations have shown that both stroke volume variation and pulse pressure variation to be
highly predictive of fluid responsiveness (with a mean AUC of 0.84 and 0.94, respectively)
[60]. Pulse pressure variabilitys higher predictive power likely spawns from its more direct
measurement as stroke volume variability relies on each manufacturer-specific algorithm
for determination.

However, in cases of spontaneous breathing, stroke volume variation as a method of
assessing volume status falters. This is because the amplitude and shape of the intratho-

4In this use case pulse oximetry serves the dual role of measuring oxygen content of blood and variations
in the pressure delivering it to a region.
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racic pressure function differs greatly for those breathing spontaneously and those receiving
positive pressure ventilation. Coupled this the unpredictable nature of spontaneous breath-
ing and much of the benefits of stroke volume variation are thought to become untenable
[65, 66]. Unfortunately for stroke volume variation as a metric, its limited reliability un-
der spontaneous breathing has hampered its overall adoption, especially with the rise of
non-sedated, non-paralyzed patients receiving respiratory support.

1.6.6.2 Changes in aortic flow velocity

To assess cardiac output, the velocity of blood flowing in the aorta can be measured via
ultrasound. A small transducer is inserted through a patients nose or mouth into the esoph-
agus, where it is directed toward and along the descending aorta. Once there, blood velocity
in the vessel can be measured via the Doppler shift. Knowing the area of the aorta, the vol-
umetric flow can be calculated from the distribution of velocities, and thus the cardiac out-
put determined. (Stroke volume can itself be determined by integrating the volumetric flow
over time from beat to beat.) Studies in mechanically ventilated patients have demonstrated
the reliability of this technique (68,69). Like stroke volume and pulse pressure variation,
the variations in aortic blood flow resulting from respiratory induced pressure changes have
been shown to be strongly predictive of fluid responsiveness [50, 67].

Although this technique has proven useful, it has not been broadly implemented. This
is likely due to many confounding factors serving as obstacles to its adoption including
the steep learning curve needed to obtain and interpret the signal of interest, the need for
sedated mechanically ventilated patients, the inability to obtain continuous measurements
reliably, and the actual obstacle of having to deal with a probe in the patients esophagus for
the duration of the procedure. Until this conspiracy of mitigating factors is overcome, such
a technique, though useful, will not enjoy extensive use.

1.6.6.3 Respiratory induced changes in inferior vena cava diameter

One of the most promising techniques to gauge fluid responsiveness has been ultrasound
measurement of respiratory induced changes in the inferior vena cava diameter. The tech-
nique works because as one breathes the shifting diaphragm causes intrathoracic pressure
gradients to arise. In spontaneously breathing people, the diaphragm pulls down during in-
spiration, creating a significant negative pressure change in the upper half of the body and
a positive pressure change in the lower half of the body. This relationship is reversed in the
case of positive pressure ventilation, where a positive intrathoracic pressure accompanies
inspiration. As a very compliant blood vessel, the inferior vena cava is affected greatly

43



IVCmin IVCmax

A-line A-line

IVCmin IVCmax

Figure 1.14: Respiratory induced variations in inferior vena cava diameter as imaged
through subcostal echocardiography. (Top) B-mode ultrasound images of the inferior vena
cava during inspiration (left), where the diameter is at a minimum, IV Cmin and expiration
(right), where the diameter is at a maximum, IV Cmax, in a spontaneously breathing indi-
vidual. Taking an A-line distal of the hepatic vein produces an M-mode image where the
respiratory (and even cardiac) variations can be seen.

by this abdominal pressure changes, collapsing under negative pressures (inspiration dur-
ing spontaneous breathing, expiration under mechanical ventilation) and expanding under
positive pressures (expiration during spontaneous breathing, inspiration under mechanical
ventilation). The extent of collapse (or expansion) is a function of the amount of blood
present in the vessel, itself a function of the amount of blood returning to the heart, and
thus of the fluid status itself.

Differing from the single static measure of the inferior vena cava diameter (previously
discussed), the collapsibility of the inferior vena cava has been shown to reliably guide
fluid therapy [68, 69, 70, 71]. The current line of training suggests that a collapse of less
than 50% in response to inspiration or a sniff suggests a normovolemic or fluid overloaded
state, whereas a collapse of greater than 50% indicates fluid responsiveness. However,
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recent evidence suggests 40% may be the most predictive threshold [72]. In any case, such
a measurement can be taken quickly and easily at the bedside, providing actionable data in
the time it takes to take a breath. Because of the relative ease in taking the measurement
(usually with subcostal echocardiography), its predictive power of fluid responsiveness,
and the rise of point-of-care ultrasound system, the caval index as a guide for fluid therapy
has become increasingly used clinically.

Where the technique falls short is its reliance on a clinicians skill and a patients habitus.
Little training and large patients make for poor results. A further limitation of the method
stems from the discretization of information, where the volume status is measured only in
spot checks, failing to identify trends.

1.6.6.4 Passive leg raise induced variations

With one of the major limitations to stroke volume and pulse pressure variation as dy-
namic measurements for volume status functionally requiring mechanically ventilated and
sedated (often paralyzed) patients, clinicians and researchers have looked to other means
to dynamically test for fluid responsiveness. One method whose popularity in the research
community is currently growing is the passive leg raise where a patients legs are lifted
above the level of their heart. Lifting the legs of a patient lying horizontally supine will
cause a standing volume of fluid to be differentially subjected to gravitational forces than
the rest of the body, generating a hydostatic pressure (in simple cases found by the product
of gravity, fluid density, and fluid height). Once manifest, the gravitational transfer of blood
proceeds from the low pressure environments of the raised lower limbs (from the venous
reservoir) to the central circulatory compartments (in the intrathoracic cavity). The raised
limb increases the mean circulatory pressure, the driving pressure for venous return, and
will tend to increase right cardiac preload. This type of maneuver has been referred to as an
auto-fluid challenge since it performs the function of a fluid challenge (a transient increase
in preload leading to an increase in cardiac output via the Frank-Starling mechanism) with-
out the potential drawbacks of introducing a fluid into the patients system. By dynamically
loading the heart in this way, various hemodynamic parameters including pulmonary artery
occlusion pressure and left ventricular end-diastolic area can be altered through a passive
leg raise.

By itself, a passive leg raise does nothing. It must be tied to some measure of fluid
responsiveness. The end measures of choice are usually cardiac output or some sort of
arterial pulse pressure monitoring. Computing the differences between baseline operation
and the pressure loaded leg-raised condition of these metrics can give a sense of the fluid
status of the patient. Measures tied to passive leg raises have proven to reliably predict fluid
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Figure 1.15: The procedure for performing a passive leg raise. First a subject is placed in
a semi-recumbent position (at 45). After a short period of time, the patient is laid supine
and their legs are raised 45 of the horizon. In this way blood from the legs is pushed to the
heart, performing a non-invasive fluid challenge.

responsiveness [73, 74, 75, 76, 77], with one meta-analysis suggesting the area under the
receiver operating characteristics curve equal to 0.95 [78] regardless of ventilation mode or
cardiac rhythm. As such, the passive leg raise as a perturbation to test the cardiac system
of patients has grown as a simple yet effective means of measuring fluid responsiveness.

But not without a few major caveats. The first and most obvious caveat is that patients
must have sufficient lower limbs to perform the maneuver. In cases of severe trauma or
amputation, lower limbs may not be available for lifting. To my knowledge no study exists
reporting the efficacy of this technique in such populations. One must not only have suf-
ficient lower limbs, but the patient must be able to receive rapid postural changes without
harm. This excludes patients with spinal injuries and the obese.

One major caveat not generally acknowledged by the literature is the difficulty in per-
forming such a maneuver in daily practice. To be most effective, with the patient lying
supine the upper half of a patient must first be raised to a 45 semirecumbent position while
the lower half is kept horizontal. From this position, the upper half of the patient is lowered
to the horizontal and the lower limbs are elevated 45. The upper half of the patient must be
raised before the legs in order for the passive leg raise maneuver to include blood volume
from the abdominal compartment to ensure a significant elevation in cardiac preload. Start-
ing the procedure with a patient already in the horizontal position does not effectively load
the heart [79], and reduces the effectiveness of the technique. In many cases, therefore,
the procedure would begin with a patient resting horizontally, the upper half of the patient
would be raised, the patient would sit for at least a minute, then the upper half would be
lowered and the lower half raised, and from this the volume responsiveness measure of
choice could be measured (but only for about a minute [76]).

Automatic beds and wedge pillows may help this process, but more often than not a
caregiver of some sort would be required to lift the legs of the patient themselves, possibly

46



with additional assistance if the patient is particularly large (a growing concern among
many). Here inconsistencies can rise such as in the pre-procedure of first sitting the patient
up before laying them down or ensuring that the legs are lifted to an appropriate height or
angle.

As a way to dynamically test fluid responsiveness non-invasively, the passive leg raise
is an effective technique. Its popularity among researchers and a subset of clinicians has
risen with good reason. However, the practical limitations of the clinic stand in the path of
its full adoption.

1.6.6.5 Bioreactance and NICOM

The last of the techniques we will concern ourselves with here is the one perhaps most
related to the technique proposed in Chapter 3. Bioreactance is the name of the parame-
ter used in non-invasive cardiac monitoring (NICOM) systems utilizing the same passive
electrical properties described in the Bioimpedance Vector Analysis section. Beyond being
an initiative to rebrand the term bioimpedance, bioreactance as a metric distinguishes itself
from typical bioimpedance measurements by being a measure of frequency modulation
rather than amplitude modulation. That is, in traditional bioimpedance systems, the mag-
nitude of the output signal with respect to the input signal is of primary concern (as indeed
it is for impedimetric intravascular volume evaluation technique developed in Chapter 3).
Amplitude variations stem directly from the amount of conductor being measured. Thus,
given a constant control volume, the amplitude of a bioimpedance signal will only change
if the conductivity of the volume changes. Bioreactance, on the other hand, is the difference
in the frequency of the output signal compared to the input signal. These frequency varia-
tions stem from phase shifts from the input signal within the system and can be caused by
the movement of a conductor or the increased presence of time-dependent elements, such
as cellular membranes. Because the phenomenon we are dealing with here is a phasor (that
is, a phase vector), the actual physical distinction between the two methods is not as great
as some of the literature may suggest.

Bioreactance, as it is currently employed, is used to assess cardiac output by applying
at least four electrodes to the chest and continuously measuring the thoracic impedance.
Phase shifts in the impedance signal arise from large bolus of blood ejected into the aorta.
The combined effects of introducing a large volume of electrically conductive material with
a significant reactive component (blood) introduce time delays in the signal traversing the
chest, shifting the phase, and giving rise to bioreactance.

There is evidence to suggest that the phase shifts of the bioreactance signal are well
correlated with stroke volume [80, 81] and therefore holds promise for the kind of non-
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invasive cardiac monitoring it underlies. In fact, several studies have shown some effec-
tiveness in accurately tracking cardiac output and volume responsiveness [82, 83, 84, 85].
There is also evidence to the contrary [86]. Furthermore, one of the shortcomings of the
technique, especially in regards to fluid responsiveness, is its requirement of including a
fluid challenge of some sort to make its measurement. Most studies couple a passive leg
raise (previously discussed) with a change in cardiac output to determine the volume status
and responsiveness of a patient. As such it suffers from many of the same drawbacks as a
traditional passive leg raise.

1.7 A summary

The function of the cardiovascular system is of great importance to a great number of
people. Indeed, it quite literally lies at the heart of many matters. The system itself is
complex: a four chambered, time-, volume-, and pressure-dependent pump serves two
different circuits through one complete route around the body via vessels whose size, shape,
elasticity, tortuosity, and orientation varies wildly with anatomy and physiology. Within
this system is a complex biological fluid whose behavior is non-Newtonian and whose total
viable amount within the body, regulated in part by renal function, is woefully measured to
this point by a myriad of techniques with mixed accuracy and precision.

The goal of the research presented here was to demonstrate the effectiveness of a new
technique for volume evaluation. Building the foundation of previous monitoring modal-
ities and extending the logic of the physiological system under investigation, this volume
assessment method uses patient specific changes in limb impedance caused by respiratory
induced variations of blood volume as a surrogate for venous return. Such a technique is
non-invasive, continuous, and relies on the actual volume content in the circulatory system
for its measurement, rather than any indirect parameter. In this way, it is hoped that many
of the sins of the past do not come to haunt this approach. We will see.

Though one can be optimistic, we must note that very little data exists to show that
any of these monitoring techniques have improved patient outcomes. In reality, the most
accurate measurement in the world alone will not help a patient. The measurements must
be accurate, yes, but they must also be indicative of a state that can be treated, they must
be interpreted as such by a caregiver, and a clinician must act in a manner that is not only
correct, but done so at a rate and to a such a degree that positively affects the patient. Many
things can and do go wrong along this chain from measurement to treatment, forfeiting
the health and lives of hundreds, thousands of people every day. As we proceed through
this dissertation, we ought to humble ourselves at the prospect of solving such an immense
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problem. The author most of all. But we would also do well to remind ourselves that these
problems matter to millions and millions around the globe. And we need solutions.

Here is mine.

49



CHAPTER 2

Ultrasound monitoring

But some strike on objects and bounce
back, coming to our ears with the
imitation of words.

Lucretius, On the Nature of Things

2.1 Ultrasound imaging in general

To truly see within a patient is the goal of every doctor. To see what ails and what heals a
person (and how the ail and how they heal) is the medical profession so defined. From the
symptomology first introduced by Hippocrates to the latest in nuclear medicine, many tech-
niques have been developed to understand the internal functions and structures of human
beings. Of particular relevance to the work presented here is ultrasound imaging, a method
by which high frequency sound waves are used to see inside the body. Medical ultrasound
machines inject acoustic waves well above the level of human hearing (hence, ultrasound)
into a person’s body via a transmitter and measure the echoes that bounce off the inter-
nal structures with a receiver. In most modern cases, transmission and reception occurs at
the same probe, also known as a transducer. The generation, injection, reception, recon-
struction, and processing of these sound waves are the types of problems sonographers,
sonologists, and ultrasound engineers seek to solve as best they can.

Just as there is no one, right way to see the surface of a person, there are many ways and
means of using ultrasound to view inside a subject. The general procedure used in most
modern ultrasound machines, however, is approximately the same, with only subtle details
changed to emphasize or minimize certain attributes of the structures imaged. First, the
frequency, shape, and focus of a collection of waves to be used for imaging are determined
by a central controller. This information is then relayed to a transmit beamforming con-
troller that then sends appropriate voltages through a switching network until finally those
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voltages excite the the piezoelectrical chapelements of a transducer probe to create a series
of pressure waves to be sent into the material/subject of interest. The injected sound waves
then echo off internal structures with some portion of them returning back to the trans-
ducer array. The reflected pressure waves interact with the piezoelectric elements, causing
them to produce a voltage potential. Depending where in the medium the waveform was
reflected from and the intensity of the reflection, there will be a series of time delays and
amplitude changes in the pressure waves received by the transducer. The received signals
are then passed through another beamformer and summed together. To present the results
in a visually pleasing manner, the envelope of signals is then detected or estimated to trans-
late the reflected signal into an intensity signal, which can then be further processed and
compressed to produce images for interpretation.

The many ways of collecting ultrasound also elicit many ways of displaying the ultra-
sound signals. Perhaps the most common is as a 2D image representing the cross-section
mapped out by the probe as seen in Figure 2.2. This is known as a B-mode (“brightness
mode”) image and it allows clinicians to quickly and non-invasively view interior struc-
tures within a subject. However, this is but one way of doing so. Of the many types of
ultrasound images, but we will here concern ourselves with just four modes: A-mode, M-
mode, B-mode, and Doppler mode. A-mode (“amplitude mode”) is the simplest form of an
ultrasound image. A single transducer introduces sound waves into a subject and measures
the echoes. In A-mode, the intensity of these echoes is plotted against the time they take to
return to the transducer, an indication of the depths to which they travelled (see Figure 2.3
for an example). M-mode (“motion mode”), extends the function of A-mode by plotting
many intensity vs. depth lines in succession (as seen in Figure 2.4). In so doing, events
that vary with time can be tracked more directly. B-mode (as seen in Figure 2.2) parses
the collected series of delays from sound waves received across multiple piezoelectric el-
ements and transforms them into a two dimensional picture. These pictures can be played
in sequence to demonstrate dynamically varying structures. Doppler imaging makes use
of the Doppler effect—perceived changes in frequency due to the motion of an object—to
detect and highlight motion. In clinical practice, this is most typically used to visualize
blood flow within the vasculature (as is the case in Figure 2.5).

From Figures 2.2, 2.3, 2.4, and 2.5 one can begin to anticipate some of the the difficul-
ties inherent in the processing and interpretation of ultrasound signals.1 A-mode imaging,
while the closest to the real form of the acoustic data, is difficult to decipher and without
many simplifying assumptions provides no anatomical or physiological data on which to
operate. M-mode imaging mitigates some of the problems associated with the A-mode by

1They are in a very real sense noise.
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Figure 2.1: A schematic representation of a typical clinical ultrasound imaging system. The
signal for a sound wave to be injected into an object through a transducer array is produced
by a central controller, modulated, converted to an analog signal (through a digital-to-
analog converter (DAC)), and amplified through a transmit beam former. The echoes from
the input waves are received by the transducer, amplified, and converted into a digital signal
(through an analog-to-digital converter (ADC)) via a receiver beamformer. That digital
signal is then used to estimate the envelope of the signal for further image processing and
display.
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A-line

Figure 2.2: Brightness mode (B-mode) ultrasound example of a post-arterial anastomotic
segment of an arteriovenous fistula connected to a cephalic vein. The areas of darkness are
caused by an absence of specular reflection typical of blood. The single straight line down
the center of the vessel, known as an A-line, was placed by a researcher there to elucidate
how A-mode and M-mode images are found (see Figures 2.3 and 2.4).
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Figure 2.3: An example of amplitude mode (A-mode) ultrasound. The amplitude of the
signals reflected from the medium are plotted against the time at which the signal was
received. These amplitudes are taken from the A-line of Figure 2.2. Note that because of
ultrasounds high frequency content (in this case the transducer used had was 7.5 MHz), the
time over which these signals are collected is often less than a millisecond (and in this case
is approximately 35 µs).

Figure 2.4: A motion mode (M-mode) ultrasound image taken from the A-line seen in
Figure 2.2. Here the slight pulsatility of the vessel can be observed in a manner that would
not obvious from a single B-mode image (as seen in Figure 2.2) or A-mode plot (as seen in
Figure 2.3). Another example (in a more dynamically varying vessel) can be seen in Figure
1.14.
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Figure 2.5: (Top) Doppler mode image of the arteriovenous fistula seen in Figure 2.2.
A color gradient (not shown) specifies the velocity measured by the dephased acoustic
waveform. (Bottom) A velocity profile can be reconstructed from the doppler image and
plotted against time. Clinicians will often integrate a velocity profile found from a doppler
mode ultrasound to calculate the volumetric flow.
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using the signal history over time to build out a fuller picture. However, if one is not con-
cerned with motion, M-mode is of little service. Further, there are upper and lower limits to
the types of motions that can be detected: very slow and subtle motions (as those of Figure
2.4 might be to the untrained eye) and very large and rapid motions both pose problems
to the clinician interested in using M-mode in certain areas. Similar critiques can be made
of doppler mode ultrasound: very large and very small magnitudes of velocity measured
through phase shifts can be lost or aliased. Moreover, doppler ultrasound, relying on the
frequency shift of the reflected beams, can only measure motion parallel to the transducer
itself. Thus, doppler sonography suffers from an angle dependence in its implementation,
itself a function of the experience and intuition of the user.

B-mode ultrasound is the closest to what we traditionally think of as an image. It is
a two dimensional representation of a cross-section of anatomy as viewed from a probe.
Once the sound waves are processed and compressed, pixels populate a single plane to
signify the intensity of the the reflected waveforms at different depths and locations within
the field. Many B-mode images sequenced over time yield a video which clinicians may
then play back, looking for certain features, behaviors, or attributes such as blood where it
ought not to be, abnormal objects (tumors, scars, foreign bodies), or vessels that collapse
too little or too much (as it is utilized for this research). Given the prevalence of B-mode
ultrasound in clinic and my desire to create a clinical useful tool, the work that follows will
primarily concern itself with the processing of this mode.

2.2 Theoretical foundations for ultrasound imaging

Sound describes the phenomenon of mechanical vibrations transferred through a medium
through the combined effects of displacement and pressure.

2.2.1 The wave equation and its solutions

Let us begin by imagining a small volume, V , with dimensions x, y, and z, as seen in
Figure 2.6. As a sound wave propagates through the medium of which the volume, V , is
a part, pressures will be applied to each of the surfaces. The application of these pressures
deform the volume, and this resulting volume deformation is a function of the elasticity
of the material. Neglecting cases of anisotropy for a moment, we can treat the volume as
consisting of a single bulk modulus, defined as the ratio of the pressure difference to the
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Figure 2.6: A small volume of matter (left). When a pressure is applied to the y-z surface,
the x dimension is increased by an amount ∆x (center), the left most surface of the element
is moved by a distance u and the right most surface is moved by a distance u+∆u (right).

relative change in volume that results. Mathematically this can be expressed as

KB =
p1 − p2
V1−V2
V1

(2.1)

where KB is the bulk modulus, p1 is the original pressure, p2 is the new pressure, V1 is the
original volume, and V2 is the new volume. To simplify matters at this point, let us just
consider the single force, F , applied to a single surface (in this case, we will use the y-z
plane). As a sound wave propagates through the volume, the length of the volume along
the x-direction extends from x to x + ∆x. The applied force causes the surface on which
it is applied to be displaced by a distance u from its initial starting point. The elasticity of
the volume along the x-direction also causes an incremental displacement, ∆u, to happen
along its length. Assuming no energy loss, the energy inserted into the volume by the force
will thus equal the potential energy stored in the volume through its elastic behavior during
maximum displacement.2

Considering the case of maximum displacement3, the energy balance of the volume is
thus

F∆x = KBA∆u (2.2)

where A is the area across which the force, F , is applied. Solving for force we can rewrite
equation 2.2 to become

F = KBA
∆u

∆x
(2.3)

2Since we are dealing with oscillatory behavior, at all other points the energy would be a combination of
potential and kinetic energies.

3Though we are considering the one dimensional case for ease of conveying the relationships, the logic
of the solution that follows here can be extended into the higher dimensions.
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Differentiating with respect to x and assuming a sufficiently linear system, we see that

∆F

∆x
=
∂F

∂x
= KBA

∂2u

∂x2
(2.4)

From this we have derived a relationship between the input of force on an element and
its geometric extension by way of its mechanical properties. This, however, is only half
of the story. Recall that a sound wave moves in space and is therefore not only a phe-
nomenon altering the dimensions of a medium, but also transferring mass. To model this
mass transport, we must turn to the ever handy second law of motion.

Newton’s second law states that force is equal to the change in momentum with respect
to time. That is

F =
d(p)

dt
=

d(mv)

dt
(2.5)

where p is momentum, m is mass, and v is the velocity of the mass. In the case outlined
here, the differential force, ∆F , accelerates the mass ρA∆x a distance u, where ρ is the
density of volume. Thus

∆F = ρA∆x
∂2u

∂t2
(2.6)

Solving for ∆F in equations 2.4 and 2.6 and combining yields

KBA∆x
∂2u

∂t2
= ρA∆x

∂2u

∂t2
(2.7)

which can be further simplified to

∂2u

∂x2
=

ρ

KB

∂2u

∂t2
(2.8)

Here we can define a new parameter, c, as

c =

√
KB

ρ
(2.9)

representing the speed of the sound wave.4 With this parameter, the final form of the wave
equation can be written as

∂2u

∂x2
=

1

c2
∂2u

∂t2
(2.10)

It should be noted that this equation that though we have derived this equation for a lon-
4Such a relationship between elasticity and density can help one’s intuition about the speed of sound

within different materials. Materials with low bulk moduli (such as rubber) tend to have lower speed of
sound than those with high moduli (such as steel).
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gitudinal sound wave — a wave where the force displacing the matters travels along the
same path as the wave itself — it remains valid for transverse waves — waves where the
direction of motion and the force are perpendicular.

There are a number of different ways to solve equation 2.2. For our purposes here we
will solve the equations for pressure since it is ultimately a pressure wave that is generated
and sensed by the piezoelectric elements of commercially available biomedical ultrasound
machines. To begin, we will state that the displacement of the volume, V , is proportional to
the force, itself a function of the applied pressure such that u ∝ p → u = ap, where a is a
constant of proportionality relating displacement to pressure. Substituting this relationship
into the wave equation yields

∂2ap

∂x2
=

1

c2
∂2ap

∂t2
(2.11)

Assuming that a remains constant over the displacements and pressures we are applying it,
the above equation simplifies5 to

∂2p

∂x2
=

1

c2
∂2p

∂t2
(2.12)

A generalized solution to this equation is

p = P0e
ȷ(βx−ωt) (2.13)

where P0 is the initial pressure, ȷ is the imaginary number representing
√
−1, β is a phase

constant, x is the distance traveled, ω is the angular frequency of the sound wave, and t

is the time over which the wave acts. The parameters β and ω are related to the speed of
sound, c, by

c =
ω

β
(2.14)

itself a physical property of the medium dependent on the bulk modulus and density (as
noted above).

A notable specific instance of the general solution is the expression for a forward trav-
eling wave, of the form

p = P0 cos (βx− ωt) (2.15)

Because of the role the phase terms ωt play in this equation, to describe a backward travel-
ing wave, one merely needs to change the − sign of equation 2.15 to a + sign.

5A further simplification that takes into consideration more dimensions is of the form

∇2p =
1

c2
∂2p

∂t2
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Combining the terms from equations 2.13 and 2.14 and accounting for frequency de-
pendent pressure variations yields another useful expression for planar waves:

p(x, t) =

∫
P (f)eȷ2πf(t−x/c)df (2.16)

Here the pressure, P (f), is frequency dependent, the frequency, f , is not angular, and a
depth dependent time delay can be seen, t− x/c. At a point x = 0, equation 2.16 becomes
the ever familiar inverse Fourier transform

p(x = 0, t) = p(t) =

∫
P (f)eȷ2πftdf = F−1{P (f)} (2.17)

This form of the equation will become particularly useful later on.

2.2.2 Acoustic impedance and wave reflections

Recall that in most cases for ultrasound imaging to be useful clinically, some portion of
the sound waves transmitted into the body must return to the transducer — there must be
echoes. It is the intensity and delay of these reflections that make the visual representation
of ultrasound data possible and meaningful. For a wave to be reflected back, be it a wave
of light, a wave of pressure, etc., there must be some incongruity within the medium of
transmission. If the medium through which a wave traveled was uniform and homogenous,
nothing would alter the wave’s path. For a pressure wave this incongruity aries from the
coupling of two or more mediums with different characteristic acoustic impedances.

As a pressure, p, travels through a medium, it displaces particles at a velocity, v. The
ratio of this pressure and ratio defines the characteristic impedance, Z0 of a material.

Z0 =
−p

v
(2.18)

(The negative sign stems from our convention of defining a positive pressure gradient caus-
ing a velocity in the negative x-direction.) This ratio has an obvious analog to electrical
impedance, which is defined as the ratio of voltage to current.

To derive the characteristic acoustic impedance of a material, let us turn to the forward-
traveling wave solution we found in equation2.15. Again, utilizing the premise that our
system is sufficient linear and that displacement is again proportional to pressure, the equa-
tion can be rewritten as

u = U0 cos (βx− ωt) (2.19)
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Taking the derivative with respect to time to find the velocity yields

du

dt
= v = ωU0 sin (βx− ωt) (2.20)

giving us the denominator of the ratio determining acoustic impedance.
Though we have an expression for pressure, its formulation with respect to the velocity

equation we have derived above is not overly helpful. To help this situation let us recall that
pressure is merely force acting over an area. One of our first formulations of this model
(equation 2.3) will help us here. Taking the differential form and rearranging we will see
that

F

A
= p = KB

du

dx
(2.21)

where KB is still the bulk modulus. Therefore, pressure is equal to the product of the bulk
modulus and the rate of displacement with respect to the distance along the wave. By taking
the derivative of 2.19 with respect to x, as in

du

dx
= −βU0 sin (βx− ωt) (2.22)

and multiplying it by the bulk modulus, we would arrive at an equation for pressure that is
more intuitive to work with in this context:

p = −βKBU0 sin (βx− ωt) (2.23)

In this way we can represent the acoustic impedance as

Z0 =
p

v
=

−βKBU0 sin (βx− ωt)

ωU0 sin (βx− ωt)
→ Z0 =

−βKB

ω
(2.24)

Substituting the results from equations 2.9 and 2.14 we are then left a simple expression
for the impedance

Z0 = cρ (2.25)

This result indicates that the characteristic impedance of a material is equal to the product
of its speed of sound and the density of a material, both physical properties, both easily
measured. The acoustic parameters, including the characteristic impedance, of many bio-
logical materials are listed in Table 2.1.

As seen in Figure 2.7, when a wave passes through a boundary separating two media,
it can either continue on (transmit) or return back (reflect).6 The incident, reflected, and

6It may also do a number of other things, but to simplify the situation the matter here we will assume one
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Table 2.1: Acoustic properties of various biological materials. Listed in this table are the
density, bulk modulus, speed of sound, attenuation coefficient, and characteristic acoustic
impedance for many materials that are relevant to this topic. Where applicable the mean
value of a parameter for a material is accompanied by a standard deviation in parenthesis.
Values are taken from Hasgall et al.

Material ρ
[kg/m3]

KB

[GPa]
c

[m/s]
α0

[Np/m/MHz]
Z0

[Pa-s/m3]
Air 1.16(0.05) 0.0001 343 0.04 0.399
Blood 1050(17) 2.61 1580(11) 2.37 1660
Blood vessel wall 1102(64) 2.71 1570(6) 7.02 1730
Bone (cortical) 1908(133) 23.60 3520(420) 54.6 6710
Brain 1046(6) 2.50 1560(20) 6.80 1620
Fat 911(53) 1.89 1440(22) 4.36 1310
Heart Muscle 1081(36) 2.63 1560(15) 3.92 1690
Kidney 1066(56) 2.58 1550(18) 2.81 1660
Liver 1079(53) 2.71 1590(19) 6.92 1710
Lung 394(174) 0.36 949(342) 231 374
Mucous membrane 1102 2.89 1620(28) 120 1790
Muscle 1090(52) 2.75 1590(22) 7.11 1730
Nerve 1075(52) 2.85 1630(21) 13.2 1750
Skin 1109(14) 2.92 1620(92) 21.2 1800
Urine 1024(16) 2.42 1540(16) 0.07 1570
Water 994 2.18 1480 0.03 1470

Incident wave

Reflected wave Transmitted wave

Medium 1, ρ1c1 Medium 2, ρ2c2

Figure 2.7: A small volume of matter (top). When a pressure is applied to the y-z surface,
the x dimension is increased by an amount ∆x (middle), the left most surface of the element
is moved by a distance u and the right most surface is moved by a distance u+∆u (bottom).
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transmitted waves can modeled as

p1 = P0,1 cos (βx− ωt) (2.26)

p2 = RP0,1 cos (βx+ ωt) (2.27)

p3 = (1−R)P0,1 cos (βx− ωt) (2.28)

Here p1, p2, and p3 represent the pressure waves of the incident, reflected, and transmitted
waves, P0,1 is the initial pressure wave magnitude in medium 1, and R is the reflection ratio
describing the proportion of the incident wave reflected back. The reflected wave travels in
the direction opposite the incident wave and thus the velocities of the incident and reflected
waves becomes

v1 = V0,1 cos (βx+ ωt) (2.29)

v2 = RV0,1 cos (βx+ ωt) (2.30)

Using the logic of equation 2.18 The wave impedance at the boundary (x = 0), Zb,
is the ratio of the summed pressures and summed velocities of the incident and reflected
waves

Zb =
P0,1 (cos (ωt) + R cos (−ωt))
V0,1 (cos (ωt)−R cos (−ωt)) (2.31)

Since cos (ωt) = cos (−ωt) and the characteristic impedance in medium 1 is Z1 = P0,1

V0,1
,

equation 2.31 can be refined to

Zb = Z1
1 +R

1−R
(2.32)

Viewing both sides infinitesimally close together, the pressures just on each side of x = 0

are equivalent. Furthermore, since there are no reflected waves in medium 2, the impedance
at the wall is equivalent to the characteristic impedance of that medium, Z2, such that the
equation can be reformulated as

Z2

Z1
=

1 +R

1−R
(2.33)

Solving for the reflection coefficient

R =
Z2 − Z1

Z2 + Z1
(2.34)

R =
ρ2c2 − ρ1c1
ρ2c2 + ρ1c1

(2.35)

we see that the magnitude of a reflected sound wave is a function of two physical properties

of these two events occurs.
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of the tissue, namely density and the speed of sound.

2.2.3 Attenuation and enveloping

Thus far we have dealt with rather ideal media and ideal modes of transmission. In reality,
the situation is far from ideal. One key concept we have heretofore neglected to mention is
the loss of energy caused by a sound wave passing through a medium. In reality, energy is
lost either through absorption — process in which the ultrasound energy is converted into
another form of energy (such as heat, light, etc.) — or scattering — the redirection of wave
energy from the path of the incident wave (through reflection, refraction, etc.) — within
the medium. The collective effects of both of these energy dissipating modes is deemed the
attenuation of the the wave. As can be intuited, attenuation is a multifaceted phenomenon
affected by many specifics. Generally speaking, though, a medium’s ultrasound attenuating
behaviors are couched within a single parameter known as the attenuation coefficient, α0,
that ties the intrinsic properties of a material to a depth and frequency dependence of the
signal. As a sound wave progresses through a material, it diminishes (that is, its amplitude
decreases) the further it travels.

Attenuation tends to take the form

Attenuation = e−α0fl (2.36)

where, α0 is the attenuation coefficient, f is the frequency, and l is the total path length.
Going through the gamut, the pressure wave received by a pressure transducer comes from
a wave reflected at a depth x, meaning that the total distance traveled in space is 2x and the
time required to do so equal to 2x/c. Therefore the received reflected attenuated pressure
wave at the transducer becomes

px(t− 2x/c) =

∫
R(x)e−2xα0fP (f)eȷ2πf(t−2x/c)df (2.37)

Here we must be careful as equation 2.37 suggests something potentially disheartening.
Correcting for the time delay and assuming perfect reflection makes the matter clearer

px(t) =

∫
e−2xα0fP (f)eȷ2πf(t)df (2.38)

= F−1{e−2xα0fP (f)} (2.39)

= F−1{e−2xα0f}p(t) (2.40)

= dx(t) · p(t) (2.41)
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where we have defined dx(t) as a depth dependent dispersion function. This has the unfor-
tunate effect of suggesting that our traveling pressure waves will become ever more diffuse
with distance. This does not bode particular well for signal integrity.
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Figure 2.8: Gaussian pulse modulation
of a signal. A carrier frequency signal
(top) is modulated by a Gaussian enve-
lope (middle) to produce a pulse resistant
to depth dependent blurring.

But there are solutions.
The current standard solution implemented

in commercially available ultrasounds is to
shape the pulsed ultrasound signal into a form
that is less susceptible to dispersive effects. By
giving the ultrasound pulse a shape, by envelop-
ing its oscillations, the blurring due to attenua-
tion can be mitigated, signal integrated can be
maintained, and a robust system of signal de-
tection and reconstruction can be implemented.
The envelope of choice for most systems is a
Gaussian pulse.

Let us introduce a simple envelope to our
pressure function to see how it may combat the
effects of attenuation. Working with a simple
a simple Gaussian pulse envelope, our pressure
function is therefore

P (f) = e−π((f−f0)/W )2 (2.42)

where f0 is the center frequency and W is the
with of the pulse. Introducing the effects of at-

tenuation, this becomes

Px(f) = e−π((f−f0)/W )2e−2xα0f (2.43)

= e−2πf2/W 2+2πf0f/W 2−πf2
0 /W

2−2xα0f (2.44)

= e
−π

!!
f−

!
f0−α0W

2x
π

""
/W

"2

e−2xαf0+(α0Wx)2 (2.45)

We can see with this solution the pulsed pressure envelope retains its width, W — inte-
gral for signal reconstruction — with the only drawback introduced being a slight shift in
the center frequency by α0W 2x/π. It should thus not surprise us that such a solution is
generally employed.

To see an example of how the carrier sound wave is modulated by the Gaussian pulse
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see Figure 2.8. Another crucial feature of this pulse modulation is that it lessens the need
for extraordinarily high sampling rates. Consider that even modest abdominal ultrasound
probe injecting sound waves with a carrier frequency of 3 MHz must sample an rate of at
least 6 MHz to even detect the signal’s oscillation, and much higher to accurate gauge the
amplitude present. Subjecting the carrier signal to envelope modulation relieves this burden
somewhat by making the condition for detection the proper estimation of the envelope
function itself. Since pulse envelopes in most machines range anywhere from about three to
six wavelengths of the carrier frequency, the sampling rate requirements for reconstruction
can be greatly reduced without any loss in accuracy.

2.2.4 Envelope detection and image reconstruction

To detect the envelope of an ultrasound pulse is a relatively straightforward process. As-
suming that the pressure envelope p(t) is a real received signal, applying a Hilbert trans-
form7 will produce an identical signal with all phase components shifted by -90. That is,
the Hilbert transform acts an ideal -90 phase shifter. Therefore, for a received signal with
a Gaussian envelope, the Hilbert transform will in turn conform to a Gaussian envelope,
only shifting the underlying signal. More over, by taking the absolute value of the the
Hilbert transform, the envelope signal can be entirely reconstructed. An example of the
Gaussian pulse signal produced in Figure 2.8 subjected to a Hilbert transform can be seen
in Figure 2.9. Scaling the amplitude of this estimated envelope to a pixel intensity from that
point for image generation is one of preference, though typically some sort of logarithmic
compression is used.

Though we have thus far spoken only in terms of single pulsed waves and a single
reflective surfaces, it is not difficult for us to imagine that in reality many pulses are injected
into materials, and that those materials are themselves composed of many possible sources
of reflection. As with all waves, there is constructive and destructive interference altering

7The Hilbert Transform of a signal, f(t), is mathematically expressed as

H(f)(t) = p.v.
∫ ∞

−∞
f(τ)h(t− τ)dτ

=
1

π
p.v.

∫ ∞

−∞

f(τ)

t− τ
dτ

where the function h(t) = 1/πt is convolved with f(t), p.v. is the Cauchy principal value, t is time, and τ is
a delay. The principal value integral can be written explicitly for the Hilbert transform by

H(f)(t) = − 1

π
lim
ϵ→0

∫ ∞

ϵ

f(t+ τ)− f(t− τ)

τ
dτ
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Figure 2.9: An example of a Gaussian pulse signal subjected to a Hilbert transform. Note
that what appears to be an envelope around the signal was found by taking the absolute
value of the Hilbert transform, thus demonstrating its robust ability to estimate the envelope
of a signal.

the received signals, though the specifics of this phenomenon will not concern us here.
What all of this adds up to the establishment of a

If we consider an image space coordinate system consisting of points in (x, y, z) and
point scatterers within a source system described by coordinates (x̂, ŷ, ẑ), then the point
spread function of an ultrasound system with respect to these point scatterers is

PSF := hp(x, y, z : u, v, w) (2.46)

where the location of a point scatterer is (u, v, w) in the source system. A number of sim-
plifications can be made at this point. The first is to assume that the scattering medium can
be represented by a continuous two-dimensional distribution of scatterers, represented by
s(x̂, ŷ) and that the corresponding reconstructed image can be represented by an analogous
I(x, y). The next is to assume that the point spread function is independent of the position
of a scatterer within the source plane. Coupling this conclusion with the assumption that
no distortion exists within the system, the image plane coordinates are linearly related to
the source plane coordinates through a magnification constant, M . The resulting image is
then

I(x, y) =

∫ ∞

−∞

∫ ∞

−∞
s(x̂, ŷ)hp(x−Mx̂, y −Mŷ)dx̂dŷ (2.47)

Defining slightly altered magnified variables as x̂′ = Mx̂ and ŷ′ = Mŷ, equation 2.47
representing the image becomes a simple two-dimensional convolution

I(x, y) =
1

M2

∫ ∞

−∞

∫ ∞

−∞
s

(
x̂′

M
,
ŷ

M

)
hp(x− x̂′, y − ŷ′)dx̂′dŷ′ (2.48)
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Pixel value Waveform envelope

Figure 2.10: Ultrasound waveform envelope transformed into pixel intensity values. This
data represents the first 6 mm (approximately 8 µs) of the A-mode ultrasound waveform
shown in Figure 2.3. Such a process is done for all data received by the transducer to pro-
duce a sequence of two-dimensional images. What such pixel values look like in practice
may be seen in the top quarter of the M-mode image of Figure 2.4.

and as such can be more concisely written as

I(x, y) =
1

M2
s(x̂, ŷ) ∗ ∗hp(x− x̂, y − ŷ) (2.49)

Reconstructing the intensity for each representable point in the imaging plane, subsam-
pling, compressing, and scaling to suit creates the images we are familiar with when dis-
cussing clinical ultrasound. The combination of many scatterers in the source plane pro-
duces the speckle patterns that so characterize ultrasound images. A source of some frus-
tration to many, the removal of specular noise so that anatomical structures of interest can
be more readily seen is an area of intense research. However, for the task that I have set for
here, speckles and specular reflections are necessary to track and segment images properly.

The echoes of the input waves return to the transducer, becoming electricity once again.
Once discretized, interpolated, delay compensated, and envelope detected (recall Figure
2.1), the last major thing left for an ultrasound system to do for a user is to display the
information in a way that make sense. As we have seen previously in Figures 2.2, 2.3,
2.4, and 2.5, there are many such ways. Of primary importance to the image processing
algorithms described below is the creation of a sequence of two-dimensional B-mode im-
ages. A single B-mode image represents the delays and acoustic impedance interfaces as
a series of pixel intensities reported at a depth and lateral position, generating images like
that seen in Figure 2.2, giving clinicians an intuitive way of reading the image. A basic
demonstration of how pixel values may be obtained from detected envelope can be seen in
Figure 2.10.

The image processing of this research works with ultrasound images after they have
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become B-mode images, indeed, after they have been compressed further and stored in
a standard format (the Digital Imaging and Communications in Medicine (DICOM) stan-
dard). As can be gleaned from this cursory explanation of the images we are left with, a
significant amount of information has already been sapped away: analog echoes have been
converted to digital electrical signals, subjected to envelope estimation, and finally pixe-
lated for viewing on a screen. While such an end result is great for an initial inspection via
ultrasound, clinical researchers wishing to utilize their machines in new and novel ways
have a difficult time making images work for them. The purpose of my effort is to provide
a set of post-clinical tools to work with images already collected at the bedside. The ex-
ceedingly vast majority of machines are capable of producing the sorts of images that the
following analysis presents. Moreover, I present several cases demonstrating the efficacy of
these tools in clinical situations, before using them in conjunction with the bioimpedance
based techniques of the third chapter.

2.3 Basics of image registration

The process by which an image is transformed into another image is known as registration,
and solutions for doing so are said to be solving a image registration problems [87, 88].
In practice, a sequence of images may change with time, depth, viewpoint, illumination,
orientation, or any other myriad factors, with certain types of transformation distinctly
measurable (for instance, illuminated scenes tend to increase regions of brightness). How
to measure image transformations and what those transformations in turn tell us about what
occurs in the image shall be the focus of this section.

The majority of registration methods consist of four main steps: feature detection
wherein distinct patterns (such as lines, edges, corners, etc.) are found (either manually
or automatically); feature matching in which detected features from a reference image
are found in a secondary image; transformation estimation, after features are tracked and
matched from one image to another their mode of transformation (the model and param-
eters of mapping functions) are estimated; and image resampling of the secondary image
based on the predicted model of transformation. As the work here is primarily concerned
with determining the effects of transformation on an image, the final step (image resam-
pling) will not factor into the discussion that follows.

Specific implementation of these steps depends on the mode of image acquisition, the
assumed nature of features and their transformations, and the satisfaction of the constraints
of different registration techniques. A full review of image registration processes found
in the medical imaging literature can be read in survey by Maintz and Viergevers [89].
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The thrust of the work that follows is concerned with tracking motion in the vasculature
associated with the respiratory and cardiac cycles as measured by ultrasound. I hope the
reader understands my motivation, if I a place an emphasis on methods pertaining to this
goal at the expense of others that do not.

2.3.1 Feature detection

Just what a feature is depends almost entirely on what one wishes to do with it. It fol-
lows then that the detection of such a feature is also intimately bound up in this decision.
Features can range from points (at corners, line intersections, specific places on curves,
etc.) to lines (boundaries, edges, striations, etc.) to significant regions (such as lakes or
forests in satellite imaging or organs and bones in x-ray computed tomography) and may
be detected manually, automatically, or some algorithmic combination of the two. One may
also do away with detecting features entirely and work with area-based methods that seg-
ment images into discrete units for evaluation with no regard to underlying patterns within
the image (particularly useful for images with little inherent information, such as random
speckles).

Though the methods used in this research rely primarily on a clinician’s input to detect
features of interest, a brief review of automatic detection methods ought to be instructive.8

A point of interest may be found through either the intersection of lines [91], corners [92],
centroids of areas or volumes to be tracked, and local extrema [93]. Lines are usually de-
tected through established edge detectors (Canny, Laplacian of Gaussian, Prewitt, Roberts,
Sobel, etc.) [94, 95] relying on gradient and partial derivatives of the image to find dis-
continuities representing the presence of a distinct line. Regions can be found via intensity
or color thresholding, pattern clustering, and closed boundary loops (found via edge detec-
tion) [96, 97].

Human beings are particularly good feature detectors from millions of years of evolu-
tion and decades of real experience benefitting those that are able to find patterns. Years
of experience train clinicians to know what they are looking at and what they are looking
for. Without context, experience, and a certain level of intuition, many medical images and
especially those from ultrasound are difficult to decipher.9 As such, my approach to this
aspect of the image registration process is a mixed manual and automatic approach. In one
instance outlined in Section 2.3.4, a user specifies points to track and an algorithm deter-
mines whether this point satisfies certain conditions to ensure proper tracking. In another

8Li and Allinson’s review of feature detecting algorithms [90] may be consulted should the reader find the
examination here far too brief.

9One need only reconsult Figure 2.2 and try to figure out what the bright white line above the vessel is.
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case, a region of interest may be selected by a user and automatic thresholding or segmen-
tation will be performed (as outlined in Section 2.4.1.5). In this way, years of experience
initially determine the presence and position of a feature or feature set within an image with
refinement then performed to ensure that matching and tracking can be performed.

2.3.2 Feature matching

Once a feature is determined in a reference image, it must be found in a secondary image,
done through a process known as feature matching. For brevity, my focus here will be
exclusively on correlation-based methods and feature-based methods.

2.3.2.1 Correlation-based methods

Correlation-based methods, also called template matching, combine feature detection, match-
ing, and even tracking into the essentially the same process. Windows of a predefined size
and shape segment a part or the entirety of a reference image, then use similarity measure,
namely correlation, to find the new position of window in a secondary image.

Let us quickly recall the definition of convolution between an image, I(x, y), and a
small subset of that image, known as a kernel, k(x, y)

I(x, y) ∗ k(x, y) =
∫ ∞

−∞

∫ ∞

−∞
I(u, v)k(x− u, y − v) (2.50)

and in the discrete form for the sorts of digital images we deal with here

I(x, y) ∗ k(x, y) =
W−1∑

i=0

H−1∑

j=0

I(i, j)k(x− i, y − j) (2.51)

where i and j count all the pixels along the width, W , and height H of the image re-
spectively. While convolution measures how a signal would be affected by another signal
(in this case), our interest lies in how similar two signals are and thus we make a slight
modification to equations 2.50 and 2.51 to obtain cross-correlation

I(x, y) ◦ k(x, y) =
∫ ∞

−∞

∫ ∞

−∞
I(u, v)k(x+ u, y + v) (2.52)

in the continuous form and

I(x, y) ◦ k(x, y) =
W−1∑

i=0

H−1∑

j=0

I(i, j)k(xi, y + j) (2.53)
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(a) (b)

Figure 2.11: Correlation-based feature matching. (a) A subset of an image, called the
kernel, is selected (in this case a portion of the post-arterial anastomotic segment from the
fistula ultrasound originally shown in Figure 2.2) and its cross-correlation to every position
within the search window (in this case, the entire image) can be calculated. (b) A map of
the correlation coefficients at every position in the window is shown, and indeed the area of
maximal correlation corresponds to the original subset image. (Red represents high values,
blue represents low values.)

in the discrete form.10 Note that the only difference between the two definitions differ
only in the reversal of their signs. I highlight this similarity (and difference) to emphasize
the fact that many correlation techniques can make use of their relation to convolutions to
increase their speed and efficiency.

A simple demonstration of correlational mapping can be seen in Figure 2.11.11 In this
example, the kernel window is cross-correlated across the entire image (Figure 2.11(a)),
producing the correlation map of Figure 2.11(b). The point of highest correlation corre-
sponds to the center of the kernel window chosen, showing the accuracy of the technique.

It may useful here address some of the typical concerns of using such a method. Con-
10This may also be more conveniently implemented for digital images by centering the kernel window at

the point of interest:

I(x, y) ◦ k(x, y) =
w/2∑

i=−w/2

h/2∑

j=−h/2

I(i, j)k(x+ i, y + j) (2.54)

where w and h are the width and height of the kernel window.
11Though this example uses a subset image from the reference image to demonstrate the results, the subset

image would typically correlated against the secondary image.
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sider again Figure 2.11(b)—one may notice a few disconcerting characteristics. First of all,
though there is a single prominent peak of correlation here, this is rarely the case for images
as noisy as B-mode ultrasound can be. The peak itself resides in a region of high corre-
lation, with many of the surrounding points also very correlative with the kernel window.
When small subtle changes happen quickly over such a noisy image, a blurring of correla-
tion coefficients may happen wherein no single peak may be found. The converse is also
true. Because blind correlational techniques lack any foreknowledge of a kernel’s content,
they do not compensate for those windows whose content is unremarkable. That is, a ker-
nel whose pixels describe a large smooth area without prominent details will be susceptible
to incorrectly matching with other large smooth areas. Features of interest within a kernel
may also appear throughout a search window, creating areas of high correlation, but of little
actual relationship to the kernel itself. This may be seen in the streaks of red following the
vessel’s edge, a feature that shares many similarities to the kernel (an area of bright whites
next to an area of dark blacks). Precaution must therefore be taken when claiming that
high correlation corresponds to a feature of interest. And finally, cross-correlation as stated
here is really only suited to single straight movements of the kernel windows across the
search region. Transformations more complicated than this or more myriad than uniform
within the block of interest require an optimization of the kernel and search window size
and shaping, ballooning the complexity rapidly.

2.3.2.2 Feature-based methods

Feature-based methods rely on two exist sets of features having already been found: one in
the reference image and one in the secondary image. Such techniques attempt to find the
pairwise correspondence of each point using various feature descriptors.

A straightforward way of matching a set of points in one image to a set of points in
another is to assume a spatial relationship that either remains constant or subscribes to one
of the transformation models outlined in the next section [98, 99]. Point- and line-matching
algorithms have been developed that attempt to either minimize the error of correspondence
of the displacement of points given some constraints.

A more preferable way to match features is by estimating correspondence based on
the feature itself. Such techniques are said to exploit invariant descriptors. That is, the
properties, descriptions, of corresponding features from a reference image to a secondary
image remain the same. To be best utilized an additional set of conditions ought to be
met. Namely that the features are unique (different features have different descriptions),
stable (even if slightly deformed, the feature from the original image can be sensed in
the secondary image), and independent (the elements of a feature function freely of one
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another). Rarely do the stars so align that all these conditions are met. Trade-offs, as-
sumptions, and optimizations depend on the features, the image, and the transformations
expected, the specifics of which go beyond the scope of this work. (Interested readers may
consult Goshtasby’s Image Registration: Principles, Tools and Methods for a thorough re-
view [100].) A few feature descriptions include pixel intensity, line intersections, presence
within a closed-boundary region, etc.

2.3.3 Image transformation

Once a feature has been specified (or detected) in one image and matched to another, some
model mapping the change in pixel data can be estimated. The goal of such a task is to
find a function that corresponds to the deformation that caused the pixel data to change
from one image to the next, all while cognizant of the method of image acquisition and
attempting to compensate for distortions possibly introduced in the feature matching step.
Much like feature matching techniques, parameters of such functions ought to be those
that maximize the correspondence of the tracked features, done by minimizing the errors
made of a given transformation function. Such mapping functions can either be specified in
advance if an assumed geometric deformation is expected from secondary images12 or may
be systemically tested to find one that best fits the data. There are many ways to classify
the types of transformation models, but for our purposes here we will consider two broad
classes: global and local techniques. This distinction may also, in this context, be thought
of as linear and nonlinear transformations. Though the distinction between these two types
of mapping is not always clear (interested readers may consider the case of radial basis
functions), for the work described here it should suffice.

2.3.3.1 Global (linear) transformations

Global techniques use all matched features to predict the model of transformation. Such
methods may also be thought of as “rigid” or “linear” as all points are treated as though
affected by the same mapping function. There general presentation of such a mapping
function is known as an affine transform and consists of four possible combinations of
transformation: scaling, translation, rotation, and shear.13

12In special cases where the geometric deformation is predetermined and well known, pre-correction and
transformation may be performed.

13Not considered here are the effects of projective transformation as it is not relevant to the ultrasound
imaging methods used.
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Scaling

One of the simplest types of image transformation is scaling where the distance between
points in one image are modified by some constant to yield the points in another, either
uniformly or non-uniformly. For instance, if a point p = (x, y) in a two-dimensional14

reference image, I1,is related to another point p′ = (x′, y′) in the secondary image, I2, by
a constant factor, s, then we may model this as

x′ = sx

y′ = sy

or in matrix form as [
x′

y′

]
=

[
s 0

0 s

][
x

y

]
(2.55)

And if the scaling factors for x and y are not the same, we can modify equation 2.55 to
become [

x′

y′

]
=

[
sx 0

0 sy

][
x

y

]
(2.56)

where sx and sy are scaling factors for x and y, respectively.

Translation

If the points of an a reference image are shifted uniformly in a secondary image, then the
points are said to have undergone a translation. Here the the point p = (x, y) (which may

also be represented as p =
[
x y

]T
) are modified by a vector T =

[
tx ty

]T
such that

[
x′

y′

]
=

[
x

y

]
+

[
tx

ty

]
=

[
x+ tx

y + ty

]
(2.57)

the pixels are said to have been translated from (x, y) to (x′, y′).

Rotation

Images may also be rotated about a point in their transformation. Defining the magnitude
of the vector p with respect to the point of rotation as |p| and the angle with respect to the
horizontal axis as α then a rotation of an image by an angle, θ, maps the point (x, y) to

14The extension into higher dimensions follows the same logic outlined here.
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(x′, y′) by

[
x′

y′

]
=

[
|p|cos (α + θ)

|p|sin (α + θ)

]

=

[
|p|(cosα cos θ − sinα sin θ)

|p|(sinα cos θ − cosα sin θ)

]

=

[
x cos θ − y sin θ

x sin θ + y cos θ

]

and thus finally [
x′

y′

]
=

[
cos θ − sin θ

sin θ cos θ

][
x

y

]
(2.58)

Shearing

The final linear transformation is known as shearing. Here points are displaced in a fixed
direction by an amount proportional to their distance from a line parallel to their translation.
Mathematically this is similar to equation 2.56 with two notable differences: the scaling is
uniform and the original 0 value terms have the shear scaling constants, Shx and Shy, thus
becoming [

x′

y′

]
=

[
1 Shx

Shy 1

][
x

y

]
(2.59)

Shear mapping is distinct from both scaling and rotation as all lines not parallel to the
axis of motion and all angles will change, though the alignment and relative distances of
collinear points are preserved.

Affine transformation

Each of these types of transformation may be present for any given reference and secondary
image pairing:

p′⎡

⎢⎣
x′

y′

1

⎤

⎥⎦=

Scaling⎡

⎢⎣
sx 0 0

0 sy 0

0 0 1

⎤

⎥⎦

Translation⎡

⎢⎣
0 0 tx

0 0 ty

0 0 1

⎤

⎥⎦

Rotation⎡

⎢⎣
cos θ − sin θ 0

sin θ cos θ 0

0 0 1

⎤

⎥⎦

Shearing⎡

⎢⎣
1 Shx 0

Shy 1 0

0 0 1

⎤

⎥⎦

p⎡

⎢⎣
x

y

1

⎤

⎥⎦ (2.60)
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Concatenating each of these matrices (scaling, translation, rotation, shearing)15 of equation
2.60 produces a simple matrix known as an affine transformation:

⎡

⎢⎣
x′

y′

1

⎤

⎥⎦ =

⎡

⎢⎣
a11 a12 a13

a21 a22 a23

0 0 1

⎤

⎥⎦

⎡

⎢⎣
x

y

1

⎤

⎥⎦ (2.61)

The properties of the affine transform include the preservation of parallel lines, the preser-
vation of equispaced points along lines (equally space points along a line in the reference
image will be equally spaced along a line in the secondary image), and the preservation
of the intersection of lines (also known as the incident preservation). As is apparent from
equation 2.61, there are six degrees of freedom, and thus requires at least three coordi-
nates to fully define. Global mapping schemes must therefore have at least three features
matched and tracked for a model’s transformation function to be fully defined.16

Typically the number of points tracked is higher than the minimum number required
to determine the mapping function and as such the parameters of the function are found
through some fitting function, usually by a linear regression method (a least-square fit,
minimizing the sum of squared errors for the feature points). Though this has the effect of
not mapping points to their counterparts directly, it is on the whole more accurate for global
transformations. However, errors can accrue greatly when not all points move together
linearly. In such cases, local transformation functions must be considered.

2.3.3.2 Local (nonlinear) transformations

Images that deform differently across their environment are referred to as locally deformed
images. Such transformations may also be thought of as nonlinear or nonrigid [101]. These
happen quite frequently in medical imaging and are thus worth our attention here. Consider
the case of a viewing the cross-section of a blood vessel with an ultrasound. The vessel
itself might pulse as the heart beats, but the rest of the surrounding tissue may remain still,
or deform less severely. Global mapping techniques have no means by which to account for
this behavior. Thus local mapping models must be used. Several techniques are available

15To be clear, the order of the transformations do matter, though I have treated them here as if they did not.
For instance, rotating and then translating is not equivalent to translating and then rotating.

16A simplified transform, known as the similarity transform, consisting of scaling, translation, and rotation
only, defined by

x′ = s(x cos θ − y sin θ) + tx (2.62)
y′ = s(y cos θ + x sin θ) + ty (2.63)

only requires two points to fully define the mapping function.
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to find the parameters of such locally varying transformations, usually by modifying the
fitting function of the points to a weighted least-square or weight-mean [102]. Piecewise
methods are also available [103, 104] to help fit parametric mappings via interpolation.

One may also do away with parametric mapping functions entirely, as originally pro-
posed by Bajcsy and Kovai [105]. To do so is to employ an elastic registration process
where images are treated as if they were rubber sheets that are stretched and strained by
many external forces counteracted by external internal stiffnesses. For elastic registration
techniques, feature matching and mapping are done simultaneously. This is usually done
by iteratively locating a minimum error state.17 Elastic registration techniques fall short
when image deformations are very localized, requiring an approach that models the image
not as a rubber sheet, but as a viscous fluid. So-called “fluid registration” processes are
available [106], but are known to introduce artifactual blurring [106].

Optical flow registration techniques seek to remedy this problem by finding the relative
motion between two images at every feature (usually some subset of regularly spaced pix-
els) and do so by assessing the apparent motion of brightness patterns in an image which
are ideally the same as the motion field itself.18 If we consider a point (x, y) on a reference
image with an intensity field, I , occurring at time, t, that moves a distance, (∆x,∆y), over
the course of some small amount of time, ∆t, then we can state that

I(x, y, t) = I(x+∆x, y +∆y, t+∆t) (2.64)

if the brightness of the feature remains constant. We may then apply a Taylor series ap-
proximation to the right hand side of the equation to get

I(x+∆x, y +∆y, t+∆t) = I(x, y, t) +
∂I

∂x
∆x+

∂I

∂y
∆y +

∂I

∂t
∆t (2.65)

neglecting higher order terms. Substituting this result into equation 2.64 we see that

∂I

∂x
∆x+

∂I

∂y
∆y +

∂I

∂t
∆t = 0 (2.66)

which is
∂I

∂x
Vx +

∂I

∂y
Vy +

∂I

∂t
= 0 (2.67)

where the velocity in the x and y directions, Vx = ∆x
∆t and Vy = ∆y

∆t , respectively comprise

17Such as by pyramidal segmentation discussed in the Iterative Kanade-Lucas-Tomasi feature tracking
algorithm section.

18It is important to note that anything altering intensity (such as different lighting patterns) will produce
apparent motion even though there might not be any.
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the velocity vector, V. This may also be rewritten as

∇I ·V = −It (2.68)

where ∇I is the image intensity gradient and It represents the partial derivative of intensity
with respect to time.19

As may be apparent, equation 2.68 has two unknowns at a given point and thus cannot
be solved directly. Optical flow algorithms must therefore apply additional constraints to
determine motion. Of the many algorithms for doing so, we can focus on three broad
categories: differential methods, block-based methods, and phase-based methods. A fuller
review including the relative performance of such algorithms can be found in Barron et al.
[107]. Only the former two aforementioned techniques will bear on the work presented
here and thus the two sections that follow delve deeper into them alone.

Differential methods

Differential methods attempt to calculate velocities from the (partial) spatiotemporal deriva-
tives of image intensities from the reference image to the secondary image. This requires,
at a minimum, that the images be differentiable. To avoid aliasing or exaggerating potential
problems in numerical differentiation, often some sort of temporal smoothing is applied.
When large or nonlinear velocities are present, coarse-to-fine techniques for motion esti-
mation will often be applied, where initial guesses in subsampled images are fed forward
to higher resolution images.

As previously mentioned, optical flow techniques must constrain equation 2.68 to solve
it. One means of doing so is to perform higher order differentiation to constrain to the
two-dimensional velocity20:

[
Ixx(x, y, t) Iyx(x, y, t)

Ixy(x, y, t) Iyy(x, y, t)

][
V1

V2

]
= −

[
Itx(x, y, t)

Ity(x, y, t)

]
(2.69)

Equation 2.69 can be used in isolation or with equation 2.68 to determine or over-determine
the resulting velocities, respectively. As is a common problem for many higher order ex-
aminations, such an approach is particularly sensitive to errors stemming from numerical
differentiation and are thereby often less accurate that estimates found via first-order meth-
ods [107].

19This notation for derivatives may be odd for some readers, but as it is commonly employed in the field
of computer vision and image processing, I will use it throughout.

20In this case we assume the conservation of ∇I(x, y, t) such that d∇I(x,y,t)
dt = 0.
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Another more common way to constrain the velocity function is by combining local
estimates with broader two-dimensional velocity fields through space and/or time [108,
109]. This may be done either through a global smoothness constraint (as is the case in a
technique like the Horn and Schunck method [110]) or by fitting regions to local models of
velocity (as in the Lucas and Kanade method [111]).

The Horn and Shunck method seeks to find a velocity field, V(x, y, t) (equivalent in
this case to (u(x, y, t), v(x, y, t))) by postulating a global energy function, then seeking to
minimize it. Here the energy, E, is defined as

E =

∫∫
((∇I ·V + It)

2 + λ2(||∇u||2+||∇v||2)dxdy (2.70)

over the image of interest. The parameter λ is a regularization constant and larger values
are thought to lead smoother flows (per Horn and Schunck [110]). This function can be
solved numerically by solving a pair of Euler-Lagrange equations (for two-dimensional
flows) from the calculus of variations:

∂L

∂u
− ∂

∂x

∂L

∂ux
− ∂

∂y

∂L

∂uy
= 0 (2.71)

∂L

∂v
− ∂

∂x

∂L

∂vx
− ∂

∂y

∂L

∂vy
= 0 (2.72)

where L is an integrand of the energy equation (2.70), yielding

Ix(Ixu+ Iyv + It)− λ2
(
∂2u

∂x2
+
∂2u

∂y2

)
= 0 (2.73)

Iy(Ixu+ Iyv + It)− λ2
(
∂2v

∂x2
+
∂2v

∂y2

)
= 0 (2.74)

where, again, Ix, Iy, and It represent the partial derivatives of image intensity with respect
to the x, y, and time dimensions, respectively. Since this is meant to be a numerical derived
values, the Laplacian operations ∂2u

∂x2 + ∂2u
∂y2 and ∂2v

∂x2 + ∂2v
∂y2 may be rewritten as a weighted

average based on regional values augmented by a point specific velocity:

∂2u

∂x2
+
∂2u

∂y2
= ū(x, y)− u(x, y) (2.75)

∂2v

∂x2
+
∂2v

∂y2
= v̄(x, y)− v(x, y) (2.76)
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Combining these results with 2.74 and combining terms yields equations of the form

(
Ix + λ2

)
u+ IxIyv = λ2ū− IxIt (2.77)

(
Iy + λ2

)
v + IxIyu = λ2v̄ − IyIt (2.78)

which Horn and Schunck suggested be found through iteration as the solution for point
specific velocity is dependent on the region in which it is placed. An iterative method can
be derived from this formulation of a Jacobian nature

uk+1 = ūk − Ix(Ixūk + Iyv̄k + It)

λ2 + I2x + I2y
(2.79)

vk+1 = v̄k − Iy(Ixūk + Iyv̄k + It)

λ2 + I2x + I2y
(2.80)

where k denotes the last calculatation and k+1 represents the next iteration. This approach
has the advantage of handling high density flow fields, but is susceptible to highly localized
variations. Presmoothing and precaution ought to accompany its use.

The Lucas and Kanade method begins by assuming features within a local region of a
point of interest experience very small displacements, such that the contents of the image
are approximately constant. With this constraint, equation 2.68 can be assumed to hold for
a local region of pixels within a window centered at some point of interest, p so that the
velocity vector V = (u(x, y, t), v(x, y, t)) is satisfied at all points (q1, q2,..., qn):

Ix(q1)u+ Iy(q1)v = −It(q1)

Ix(q2)u+ Iy(q2)v = −It(q2)
...

Ix(qn)u+ Iy(qn)v = −It(qn)

(2.81)

This may be rewritten in matrix notation as

A ·V = b (2.82)

where

A =

⎡

⎢⎢⎢⎢⎣

Ix(q1) Iy(q1)

Ix(q2) Iy(q2)
...

...
Ix(qn) Iy(qn)

⎤

⎥⎥⎥⎥⎦
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V =

[
u

v

]

and

b =

⎡

⎢⎢⎢⎢⎣

−It(q1)

−It(q2)
...

−It(qn)

⎤

⎥⎥⎥⎥⎦

With a region of any appreciable size, such a system of equations immensely over-determines
the problem. The Lucas and Kanade method resorts to a least squares fitting method to
solve the velocity:

V = (ATA)−1AT b (2.83)

where AT is the transpose of matrix A. In matrix form this becomes

[
u

v

]
=

[ ∑n
i=1 Ix(qi)

2
∑n

i=1 Ix(qi)Iy(qi)∑n
i=1 Iy(qi)Ix(qi)

∑n
i=1 Iy(qi)

2

]−1 [
−
∑n

i=1 Ix(qi)It(qi)

−
∑n

i=1 Iy(qi)It(qi)

]
(2.84)

Such a result may be further refined by subjecting the window for observation to weight-
ing function, w, that preferentially favors some portion of the window (for instance, the
center): C = (ATwA)−1ATwb. Many finite impulse response filters can and have been
used (such as a simple Gaussian function). Infinite impulse response filters applied recur-
sively have also been used successfully.

Block-based methods

Block-based methods, variously called region-based [107] or block-matching [112], begin
by defining velocity as a shift of a feature by a displacement vector d = (dx, dy) over the
frames (and thus time) that produces the best fit between two regions. The best fit is gener-
ally defined by one of two similarity measures by either maximizing the correlation (such
as by the normalized cross-correlation function) or by minimizing the differences between
the two regions (as by the sum-of-squared-differences). These two similarity functions are
defined as

NCC =

∑
(i,j)∈W I1(x+ i, y + j) · I1(x+ dx + i, y + dy + j)

√∑
(i,j)∈W I21 (x+ i, y + j) ·

∑
(i,j)∈W I22 (x+ dx + i, y + dy + j)

(2.85)

SSD =
∑

(i,j)∈W

(I1(x+ i, y + j)− I2(x+ dx + i, y + dy + j))2 (2.86)
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respectively, where i and j designate all points in the window, W , I1 is the intensity map
of the region in the reference image, and I2 is the intensity map of the region from the
secondary image. Minimizing the sum-of-squared differences essentially maximizes the
integral of the product I1(x, y)I2(x+ dx, y + dy) over the window and can thus be viewed
as a window-weighted first-order approximation of the temporal derivative, It.

The simplest block-matching algorithm to perform is known as a full, or exhaustive,
search. It is computationally expensive as it attempts to calculate the similarity function
at every possible location within a search window. The advantage of such an approach is
the comfort in having tested every single possible displacement a region may have been
subjected to and because of the methods relation to cross-correlation, and thus convolution,
easy to implement in hardware. Obvious disadvantages include that even for very small
features within small search windows calculating every possible motion takes an immense
amount of computation—in fact, the number of calculations is the same regardless of the
presence or extent of motion. Several faster searching techniques have been developed
(such as multi-step and predictive searches) to mitigate computational complexity by im-
plementing course-to-fine segmentation, assuming patterns of local variation, etc., doing
so with varying success [107, 112].

2.3.4 Iterative Kanade-Lucas-Tomasi feature tracking algorithm

The algorithm used for this research makes use of two techniques, the Kanade-Lucas-
Tomasi (KLT) feature tracker and pyramidal segmentation. The KLT feature tracker is
a technique commonly used in computer vision to follow certain image features (edges,
points, etc.) from one frame to the next. Traditional image tracking techniques can be
computationally costly as they try to match a subset of pixels of interest (known as a ker-
nel) from one frame to within another, larger subset of pixels (known as a search window)
in a frame that follows. There are many techniques to perform this action with varying
costs of computation. To mitigate these computational costs the KLT technique makes use
of spatial intensity information to direct the search for the motion vector that best describes
the features change in position from one frame to the next.

One of the limitations of the KLT tracker is that the motion vector must be small.
That is, the KLT technique alone is not capable of measure large changes in position. To
work around this problem, our algorithm employs a pyramidal segmentation technique to
subsample an image reducing its resolution and increasing the spatial information inherent
in each pixel to perform large motion tracking, then feeding the results of the low resolution
tracked images to higher resolution images. In this way the accuracy and speed of the KLT
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technique can be used to track a feature, in this case the walls of the IVC, over large
distances.

To begin tracking, a pair of points on the vessels edge are selected on an initial image.
The two points are tracked independently as follows. Let I1 and I2 be two grayscaled
images in sequence. I1(x, y) is the pixel intensity value of I1 at a point, (x, y). Let u =

(ux, uy) be a point on the first image, I1. The goal is to find a point v on I2 where I1(u)

and I2(v) are most similar, with the assumption that the feature located at I1(u) has moved
to I2(v) by a motion vector d = (dx, dY ). To establish the frame-to-frame motion vector,
d, we will seek to minimize a residual function, a sum of squared differences, defined as

(2.87)

ϵ(d) = ϵ(dx, dy)

=
ux+wx∑

x=ux−wx

uy+wy∑

y=uy−wy

(I1(x, y)− I2(x+ dx, y + dy))
2

where ϵ(d) is the residual error, wx and wy are the integration window size parameters
(with a window size equal to (2wx+1)× (2wy+1)), centered at point (x, y). If we then set
the derivative of the matching error with respect to the displacement vector to 0, the error
minimizing displacement vector can be found.

(2.88)

∂ϵ(d)

∂d
= 0

= −2
ux+wx∑

x=ux−wx

uy+wy∑

y=uy−wy

(I1(x, y)− I2(x+ dx, y + dy))
[
∂I2
∂x

∂I2
∂y

]

Simplifying equation 2.88 by substituting the first order Taylor series expansion of
I2(x+ dx, y + dy) gives

(2.89)
∂ϵ(d)

∂d
≈ −2

ux+wx∑

x=ux−wx

uy+wy∑

y=uy−wy

(
I1(x, y)− I2(x, y)− d

[
∂I2
∂x

∂I2
∂y

]) [
∂I2
∂x

∂I2
∂y

]

From here we can define the frame-to-frame difference at the point of interest as

δI(x, y) = I1(x, y)− I2(x, y) (2.90)

and the image gradient as

∇I =

[
Ix

Iy

]
=
[
∂I2
∂x

∂I2
∂y

]T
(2.91)

where
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Ix(x, y) =
∂I1(x, y)

∂x
=

I1(x+ 1, y)− I1(x− 1, y)

2
(2.92)

Iy(x, y) =
∂I1(x, y)

∂y
=

I1(x, y + 1)− I1(x, y − 1)

2
(2.93)

Substituting into 2.89 yields

1

2

∂ϵ(d)

∂d
≈

ux+wx∑

x=ux−wx

uy+wy∑

y=uy−wy

(
d∇IT − δI

)
∇IT (2.94)

Combining terms and transposing creates

1

2

[
∂ϵ(d)

∂d

]T
≈

ux+wx∑

x=ux−wx

uy+wy∑

y=uy−wy

(
d

[
I2x IxIy

IxIy I2y

]
−
[
δI Ix

δI Iy

])
(2.95)

Defining a G matrix and b as

G
.
=

ux+wx∑

x=ux−wx

uy+wy∑

y=uy−wy

[
I2x IxIy

IxIy I2y

]
(2.96)

b
.
=

ux+wx∑

x=ux−wx

uy+wy∑

y=uy−wy

[
δI Ix

δI Iy

]
(2.97)

yields a final form of

dopt = G−1b (2.98)

where dopt is that displacement vector that causes the derivative ∂ϵ(d)
∂d to be equal to 0. Thus,

by calculating the intensity gradients, the optimal displacement vector can be found via the
KLT technique. However, because the matrix G must be invertible and because of the
limitations inherent in the first order Taylor series approximation, the pixel displacements
that are possible to measure must be small.

One means of increasing both the computational efficiency and the spatial distance able
to measured is to subsample an image. One such technique that is able to consistently
subsample an image repeatedly and feed information forward and backward from lower
resolution to higher resolution images is pyramidal segmentation. Starting with an image
of resolution W x H at a level L0, an image pyramid is built by subsampling a smoothed
image by a factor of 2 along each coordinate direction at each level. Thus the size of the
image at L1 would be W/2 x H/2, at L2 it would be W/4 x H/4, and so on. Figure 2
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Figure 2.12: Image pyramid of an ultrasound frame looking at a subject’s inferior vena
cava created by subsampling segmentation.

demonstrates this process.
Given a point u in I1 we want to find its corresponding location in I2 at v = u + d.

The corresponding point of u(u0) on the pyramidal image IL is uL and is defined as

uL =
u

2L
(2.99)

An initial dLm is computed at the uppermost pyramid level, Lm, by minimizing its
level specific residual function. The final value of dLm is then passed as the initial guess
for dLm−1 down to the next pyramidal image level, Lm−1, to find a value of dLm−1 that
minimizes its level specific residual function. This process is continued until the final
maximal resolution image at level L0 is reached, from which a final motion vector, d = dL0

is calculated.
Setting gL = [gLx g

L
y ]

T as an initial guess at level L (valid for levels L1 to Lm), the
algorithm seeks to find the pixel displacement vector dL = [dLxd

L
y ]

T that minimizes the
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pyramidal residual error function

(2.100)

ϵL(dL) = ϵL(dLx , d
L
y )

=
uL
x+wx∑

x=uL
x−wx

uL
y +wy∑

y=uL
y −wy

(
IL1 (x, y)− IL2 (x+ dLx + gLx , y + dLy + gLy )

)2

Starting from the highest pyramidal level, Lm, a guess is initialized as gLm , and from
this guess, an initial motion vector, dLm , is calculated. The initial guess and calculated
motion are then fed down the pyramid to level Lm−1 by the function

gLm−1 = 2
(
gLm + dLm

)
(2.101)

Iterating the above function down each level of the pyramidal image yields a final displace-
ment vector

d =
m∑

n=0

2LndLn (2.102)

At every level, the goal is to find the displacement vector that minimizes the matching
function. However, rather than search through every possible pixel in an image, a signifi-
cant computational undertaking for even the smallest and shortest of video clips, one may
use the functional relationship between the matching error, ϵ(d), and the displacement vec-
tor, d to find the optimal displacement vector via the KLT technique at each pyramidal level
quickly then passing the information down to the next level (as seen in Figure 2.13).

This algorithm is particularly robust in this use case due the small motions of tex-
tured wall patterns caused by the specular reflections from the ultrasound (allowing unique
gray patterns to arise) against the black bounds of blood (making demarcation and feature
tracking simple). However, to ensure that a robust feature is chosen, the selected point
undergoes evaluation through to a simple corner detecting algorithm and slightly alters the
point if need be.

Feature selection evaluation

As there is no substitute for clinical experience, no attempt was made to automatically
detect and track features.21 What was proposed, designed, and created, however, was a
check to confirm that a physician-selected point could be tracked across images. This
meant that the point had to satisfy some subset of the conditions reviewed in Sections 2.3.1:

21At least not successfully.
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Figure 2.13: An basic example of the iterative process used to track a feature across a
pyramidally segmented image. Here an original image, at a level L0, is downsampled
twice. Once at its highest level, L2, initial tracking begins. The results from this tracking
are then fed forward to levels L1 and L2, with the results of each, dLm . adding to final
displacement vector, d.

Feature detection and 2.3.2.2: Feature-based methods. Luckily an approach for doing so
with satisfying the requirements of the KLT algorithm was suggested by Shi and Tomasi
[113] (building off the work of Harris and Stephens [114]). Their technique begins by
taking a weighted sum of squared differences (recall equation 2.86), S(x, y), for an image
I:

S(x, y) =
∑

(i,j)∈W

w(i, j) (I(x+ i, y + j)− I(i, j))2 (2.103)

where w(i, j) is a weighting window, often weighted towards the center. Approximating
I(x+ i, y + j) through Taylor series expansion and combining equation 2.103 produces

S(x, y) =
∑

(i,j)∈W

w(i, j) (Ix(i, j)x− Iy(i, j)y)
2 (2.104)

where again Ix and Iy represent the partial derivatives of I with respect to x and y. This
can be written in matrix notation as

S(x, y) =
(
x y

)
A

(
x

y

)
(2.105)
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Figure 2.14: Determination of feature selection appropriateness. (a) A map of the eigen-
value pairs values (with red being the highest and blue being the lowest). (b) The top 500
points of maximum value from (a) plotted atop the image from which they were taken.
Notice the lack of features seen in the blackness of the blood.

where A is a second-moment matrix

A =
∑

(i,j)∈W

w(i, j)

[
I2x IxIy

IxIy I2y

]
(2.106)

whose resemblance to equation 2.96 should not go unnoticed. A point of interest should
produce a large variation in in S in all directions along the vector

(
x y

)
. Phrased another

way, A ought to have two large eigenvalues, λ1 and λ2, at a point of interest. Therefore,
by merely examining a weighted second-moment of an image, one can find those points
with features distinct enough to track. The limitations placed on G consequently apply to
A, making the calculation of minimum and maximum eigenvalues a simple matter.

Figure 2.14(a) demonstrates the implementation of such a technique on a sample image
(the same seen in Figures 2.2 and 2.11(a)). From this the maximum eigenvalue pairs can
be found and either ranked or thresholded to find features of a sufficient quality. In the case
of Figure 2.14(b), the 500 points of maximum value within the image are plotted.

In my implementation, when a user selects a point, the image is subjected to this eval-
uation and if the chosen point is below some threshold, a spiral search looks for the next
available point above the threshold. As nearly every point along a vessel wall is either
already sufficiently discernible or within a very short distance of some point that is, this
approach was found to be sufficient.
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Conclusions

With a good feature tracker and a feature selection verification (and potential augmentation)
step in hand, I could now test the algorithm with actual clinical data. My approach was to
first evaluate small vessel motions seen in the peripheral vasculature before examining the
large changes seen in the inferior vena cava. Though it is ultimately the latter measurement
that relates most to the experiments of Chapter 3, the foundations of both are the same and
the difference in their validation is merely one of scale and anatomy.22

2.4 Implementation

Though many ultrasound researchers have the luxury of working with the raw underlying
pressure (transduced into a voltage signal at the probe surface), many clinical researchers—
most clinicians, physicians, technicians, etc—do not. Available to just about everyone with
an ultrasound machine is a means of recording a reconstructed image as it appears on the
screen for later use. Because so much important information is lost in the process of trans-
forming the sound waves into pixel intensities, many advanced algorithms employed to
elicit more information from ultrasound imaging are unusable for the average clinical re-
searcher trying to go beyond the manufacturer’s in-built functionality. Without the ability
to automatically extract information already present in the ultrasound image (such as dis-
tensibility of a blood vessel or the strain of a tissue) many innovative biomedical solutions
may fall by the wayside.

2.4.1 Example: Arteriovenous fistula mechanical parameters and the
development of an open-source ultrasound toolbox

As kidneys fail, so fails the body. Fluids and waste products unable to be removed (as
discussed in Section 1.4) accumulate within the body, poisoning it. In cases of severe kid-
ney failure, either acute or chronic, nephrologists may prescribe an extracorporeal waste
removal process known as hemodialysis.23 During hemodialysis (also commonly referred
to as simply “dialysis”), blood is removed from the body, pumped through a dialyzer where
unwanted solutes (urea, creatinine, etc.) and excess fluid diffuse across a semipermeable
membrane via osmotic and hydrostatic pressure, then returned. Long (3-4 hours) and fre-

22The full software toolbox was designed with fistula optimization in mind, while the feature tracking
aspect was meant to track both very small and very large motions.

23Other renal replacement therapies exist including the kidney transplantation or the closely related tech-
niques of hemofiltration and peritoneal dialysis.

90



quent (once every 2-4 days) treatments are necessary for those patients with severe chronic
kidney disease, especially those advanced into end-stage renal disease. Constant and con-
sistent vascular access is thus, in a very real sense, the lifeline for hemodialysis patients.

Determining an optimal method to achieve long-term, consistent vascular access able to
withstand the flows required for dialysis poses unique challenges for clinicians. Currently,
there are three main ways to address this: catheter—tubes usually made of silcone rubber
inserted into a vein for short-term treatments; grafts—prosthetic tubes usually made of a
biologically inert polymer (such polytetrafluorethylene) that connect an artery to a vein;
and an arteriovenous fistula—a surgically created connection of an artery to a vein, using
the patients autogenous vessels. The latter two types use arterial blood velocities, forces,
and pressures to remodel local veins to withstand the large and sustained volumetric flows
required for dialysis. As such, the latter two are both created for for long-term use, while
catheters are employed for emergent or short-term use.

Restricting ourselves exclusively to the upper limbs (whose anatomy can be seen in
Figure 2.15) and putting to one side the (still rather significant) role of catheters in dialysis,
we are left with two main modes of access: fistulas and grafts. A few common fistulas
and grafts their anatomical locations are shown in Figures 2.16 and 2.17, respectively.
Generally an initial fistula or graft is placed as distally as possible so that possible failure
does not ruin viable proximal vessels still able to transfer blood.

Current guidelines recommend autogenous arteriovenous fistula as the preferred vascu-
lar access for patients undergoing hemodialysis based on studies showing longer patency
and few complications [115, 116, 117]. These fistulas, however, often fail to mature at
alarming rates (anywhere from 1070%) [116, 117, 118, 119, 120]. Such failures interrupt
life sustaining dialysis treatments and lead to procedures and sometimes hospitalizations
for revision or new fistula creation, adding to the overall cost of care, increasing the medi-
cal risks, and causing unnecessary stress on patients. To address this issue many clinicians
have turned to non-invasively measuring certain morphologic parameters including artery
and vein diameter, their respective distensibilities and volumetric flows [121, 122, 123, 124]
via ultrasound as predictors of fistula maturation, aimed at finding anatomical, physiologi-
cal, and mechanical feedback systems regulating the patency of fistulas.

Many of these types of measurements must be explicitly made at the bedside, with a
particular machine, or processed manually via proprietary software, complicating the study
of these metrics by making them less available to interested clinicians.

The goal is to measure predictive factors for each patients fistulas likelihood of success
or failure by developing a rigorous and openly available ultrasound software tool for fis-
tula mechanics quantifying the interactions of vessel elasticity and blood-wall shear rate
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Figure 2.15: Anatomy of the upper limb. Several blood vessels vessels relevant to arteri-
ovenous fistulas (brachial, radial, and ulnar arteries; axillary, brachial, basilic, and cephalic
veins) are highlight. (Modified from the Atlas of Dialysis Vascular Access for educational
purposes.)
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(a) Radiocephalic (b) Proximal radial artery

(c) Radial median antecubital (d) Brachiocephalic

Figure 2.16: A few major types of arteriovenous fistulas. These fistulas are formed by the
pairing for the the (a) cephalic vein and radial artery, (b) perforating branch and proxi-
mal radial artery, (c) median antecubital vein and radial artery, and (d) cephalic vein and
brachial artery. (Modified from the Atlas of Dialysis Vascular Access for educational pur-
poses.)
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(a) Forearm loop graft (b) Upper arm graft

Figure 2.17: Two types of peripheral graft-based vascular accesses: (a) forearm loop and
(b) upper arm. In both cases a synthetic tube redirects arterial blood to the venous side to
modify the size, shape, and physical properties of the veins. (Modified from the Atlas of
Dialysis Vascular Access for educational purposes.)

within the areas of interest (the artery, the vein, and post-arterial anastomotic segment af-
ter surgery). This software toolbox was designed to evaluate stored ultrasound images in
the Digital Imaging and Communications in Medicine (DICOM) standard for parameters
including distensibility, strain, and blood-wall shear rate by using verified imaging process-
ing techniques.24 The software functionality, measurement results, and its application for
optimization of vascular access surgery are presented.

2.4.1.1 Overview of a software toolbox

The software toolbox is designed around the graphical user interface (GUI) implemented
in MATLAB that allows a user to open files, select regions of interest, analyze ultrasound
images for parameters, and save data (see Figure 2.18). MATLAB was chosen as the envi-
ronment and programming language because of its broad access within research environ-
ments, vast in-built functionality, and its large community of user. This toolbox is available
for implementation and modification by researchers.

Upon initializing the software, a user is prompted to browse for and open an ultrasound
image or video that is either saved in a DICOM format or as a MATLAB array. Once
the image or video is loaded (if it loads a video, the first frame will be displayed), the

24An additional function to reconstruct the three-dimensional geometry of vessels is also being worked on
at the time of publication and its preliminary results are included in Section 2.4.1.5: Image segmentation and
geometry reconstruction.
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(a) (b) (c) (d) (e) (f) (g) (h) (i) (j)

(k)

(l)

(m)

(n)

(o)

(p)(q)

(r)

Figure 2.18: Main GUI of the software toolbox developed to aid in fistula maturation re-
search. Its main features from this window include (a) viewing the color histogram of the
image from which (b) a user can manually set brightness and contrast parameters, (c) a
zoom-to-fit function to get the most use out of the space, (d) overlaying a grid on top of the
image, (e) the ability to change the colormap, (f) a save function for the marked-up ultra-
sound image in the window as either (g) a single frame or the entire video, (h) the ability
to edit or export data made by the user during a session, (i) importing a new image to work
with, (j) displaying the current frame number and the total number of frames, (k) applying
either a median or Kalman filter across the frames to minimize certain types of noise in the
images, (l) setting up the image properly (such as inputting or calibrating the distance be-
tween pixels, determining the number of pixels to be analyzed during strain measurements,
establishing the bounds for accumulated strain, inputting blood pressure values, specifying
the frame rate, or asking for help), (m) analyzing the pulsatility, strain (either total image or
vessel wall specific), or blood-wall shear rate of the image, (n) manipulating the image for
analysis (such as cropping (either manually or automatically), mapping pixel intensities for
a given perimeter, measuring point-to-point distances, or removing frames), (o) specifying
regions of interest, (p) displaying mean and standard deviations of certain measurements
within regions of interest, (q) displaying the pixel intensity values at the cursor, and (r)
scrolling through each of the video frame by frame.
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user has a number of manual controls they can take advantage of to make the viewing
of an image more suited to a particular persons needs including brightness, contrast, and
color modifications. If the user selects a video, they can scroll through frame by frame.
Users are also able to make many simple measurements at any time such as determining
individual pixel values, measuring distances between points of interest, cropping to a region
of interest, annotating the image with basic shapes, and saving frames of interest for future
examination or display.

Where this software toolbox excels for vascular access researchers is in providing mea-
sures of three key parameters: (1) distensibility tracking vessel diameter changes over time;
(2) strain measuring the deformation with reference to a desired geometry; and (3) wall
shear rate the rate at which fluid shears across the vessel wall. Each of these measurements
is achieved through semi-automated digital image correlation methods that relate changes
in pixel intensity arrays occurring within specified regions of one frame to another. As these
three mechanical parameters are thought to be critical for predicting AV fistula maturation
and as their measurement through these image-processing techniques has been previously
demonstrated [125, 126, 127, 128, 129, 130], the primary purpose of this software was to
thus give investigators the tools by which to measure them.

Furthermore, an emphasis was placed on local feature tracking throughout whole im-
ages and within cardiac cycles to give researchers sufficient granularity to target individual
aspects of the maturation process. For example, with this toolbox a researcher could corre-
late the systolic wall shear rate on the inner and outer walls of the post arterial anastomotic
segment and correlate its trend with the increasing size of the vein throughout maturation.
Specific use cases of this toolbox are myriad and we will endeavor here to show the robust-
ness of the feature set.

2.4.1.2 Distensibility

To measure the distensibility of a vessel, the user is first prompted to select two points of
interest. These points are then tracked using the Kanade-Lucas-Tomasi feature-tracking
algorithm [111, 131] previously discussed, native to the MATLAB image processing tool-
box and OpenCV. This feature tracker looks for spatial intensity gradients within images to
guide the search for the maximum frame to frame correlation for a subset of pixels, and thus
quickly and accurately locating where a point of interest has moved. Because the unique
patterns caused by the specular reflection at the vessel wall provide sufficiently unique
and discernible detail, this algorithm should be useful and robust at tracking the diameter
changes. Having tracked the distance between these two points over the duration of the cine
loop, the user is then presented with a graphical representation of distensibility over time.

96



The vessel diameter can be displayed as a measure of absolute distance, relative distance,
normalized as a percent of the maximum value (to yield what is more commonly referred
to as “collapsibility”), normalized as a percent of the minimum value (“distensibility”), or
normalized to the range (to see the relative shape of each waveform).

Figures 2.19 demonstrate the results of the feature tracking algorithm to measure the
diameter of a single vessel measured with ultrasound over time. (In this case, it is the
same vessel as that through which the A-line passes in Figure 2.2).25 We can see from
simple graph a number of interesting traits thus far not reported in the literature to any
great degree, though their presence is expected from physiology. One is the visibility of
a respiratory contribution—increasing and decreasing the diameter of the vessel—that at
first may appear as a type of drifting error. However, the low frequency signal corresponds
well to a subject’s respiration, disappearing in cases of inspiratory and expiratory holds.26

Another feature of note is an appearance consistent with arterial flows and pressures: a
sharp rise accompanied by a decay with signs of a dicrotic notch. One final characteristic
to emphasize is the clarity with which the heart rate and respiratory rate can be measured
from this, something impractical (if not impossible) to attempt to do manually.

Multiple paired point selection functionality is also available for those researchers who
wish to examine the relationship between different geometric parameters simultaneously,
such as an artery and vein simultaneously or the circumferential strain measured by several
points along a vessel wall.

2.4.1.3 Strain

Extending the basic pixel- and region-tracking function from a single pair of user selected
points to an automatically generated grid of pixels across the image and incorporating op-
tical flow techniques outlined in Section 2.3.3 Image transformation, the software is able
to determine the overall changes in distance over time throughout the region of interest. In
so doing, a user can measure the strain present in the region in one of two ways: frame-
to-frame where all change in one frame is scaled relative to the frame that came before it
or cumulatively where a single reference frame is chosen to scale all subsequent frames
against. In both analyses, the user selects what fraction of the pixels they wish to include to
measure (ranging for 1-100% in increments of 1%) and a uniform grid of pixels is selected
from the reference frame to be tracked in the subsequent frame(s). Lateral, axial, or the
overall magnitude of strain can be selected by the user to suit their needs. Strain maps
themselves can be saved as single frames, video clips, or arrays of data for future process-

25In fact, if one were to squint just enough at Figure 2.4, one would see the same diameter change.
26Recall the effects of intrathoracic pressures on the cardiovascular system discussed in the first chapter.
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Figure 2.19: The (a) diameter and (b) distensibility of the vessel measured in Figure 2.2
over time. On the left-hand y-axes the absolute measures of diameter and distensibility can
be seen, while on the right hand y-axes the relative measures of diameter (from minimum)
and distensibility (across range) are shown.
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(a) (b) (c)

Figure 2.20: Strain map development of a radiocephalic fistula over time. The magnitude
of strain is presented here (a) just after the initiation of a cardiac cycle, (b) halfway to
peak strain, and (c) peak strain. The pixel intensity represents the magnitude of strain and
local maximums can be found at both the arterial wall and and one edge of the post-arterial
anastomotic segment. (These images were produced by subsampling the original image by
20%.)

ing. Figure 2.20 shows the cumulative strain magnitude map of the radiocephalic fistula
shown in Figure 2.18 taken over a single cardiac cycle. Both the artery and the post-arterial
anastomotic segment experienced large local strains during peak pulse pressure.

2.4.1.4 Wall shear rate

The wall shear rate measurement the software toolbox provides is based on speckle decor-
relation method that has shown efficacy in determining flow velocities near vessel walls
[127, 127]. The method works by assuming that as scatterers pass through the ultrasound
imaging beam, the degree to which they correlate from one image to another is a function
of the distance that the scatterer moves. Thus correlation (and its inverse, decorrelation)
becomes a measure of distance. Coupling the measure with the sampling frame rate that
is, by knowing the temporal distance separating the spatial correlation one is able to infer
a velocity. One drawback to this technique is its reliance on high sampling frequencies to
measure high velocities. Because typical cine loop frames rates for commercial ultrasound
machines are usually between 10-50 Hz, it would be extremely difficult to consistently
measure full flow profiles even within peripheral vasculature. However, near the vessel
wall, where the flow velocities are often their lowest, this technique can excel over al-
ternatives such as Doppler flow measurements. Furthermore, since the forces that affect
mechanotransduction and ultimately shape the vessel occur at the wall, it is of the utmost
importance to reliably measure the flow velocity and its gradient, the wall shear rate.

Should a user opt to use the wall shear rate, they will first be prompted to select a point
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Figure 2.21: Blood velocity profile in a brachial artery at peak systole from both a decor-
relation measurement and as an ideal Poiseuille flow.

along the wall and then another point perpendicular to the wall. By giving the user control
in this selection process specific regions and flow orientations can be targeted. Once the
decorrelation algorithm has been run, the user will then be prompted to input the functional
parameters of their own correlation vs. distance curve, specific to their machine of use,
to get a quantified flow velocity and wall shear rate (as described by the methods of Park
et al. [128]). If a user does not have such a curve, they will be presented with a figure
of correlation vs. distance and warned that without an input function this graph should be
treated as a qualitative assessment of the bloods velocity near the wall.

Figure 2.21 demonstrates an example of a peak brachial artery flow velocity profile at
the vessel edge measured via speckle decorrelation and an ideal Poiseuille velocity curve
(calculated from patient dimensions and Doppler volumetric flow measurement). The wall
shear rate is calculated by fitting a line across the first three velocity points from the edge.
In this case a wall shear rate within approximately 10% of an ideal model was found and is
within the standard range of peak wall shear rate values for the brachial artery [132, 133],
indicating a reliability sufficient for pilot clinical evaluation.

2.4.1.5 Image segmentation and geometry reconstruction

At the time of this publication, I have a function that can plug into the toolbox and attempt
to reconstruct a vessel’s three-dimensional geometry. Because of the difficulty of the proce-
dure to acquire images that produce this geometry and the somewhat tenuous assumptions
necessary in its reconstruction, it has not yet been included into the distributed toolbox for
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popular adoption. I encourage those researchers interested in further information, code,
or demonstrations to contact me. For this work, I merely present a brief overview of the
technique.

The procedure begins by obtaining a short-axis view of the vessel of interest via an
ultrasound transducer. The transducer must then be moved along the longitudinal length
of the vessel while recording sequence of B-mode images. The steadier the longitudinal
motion, the better.27 Once the sequence of images is obtained, the edge of the vessel must
be found. While there are many excellent algorithms for doing so (as mentioned in Section
2.3.1), ultrasound images are particularly prone to produce an overabundance of “edges.”
I employed a simpler method of simply segmenting the images via grayscale thresholding.
In this way the black interior of the vessel can be easily separated from the grays and whites
of the surrounding tissues. The pixels along the boundary may then be treated as the edge
for each frame. An enclosed surface may then be fit across a vessel via a fitting function
of one’s choice. (My particular implementation sought to minimize the sum-of-squared
differences between the splined interpolant and the surrounding points.) In the case of a
fistula, where a branching occurs, two separate vessels must be created and merged. The
point cloud, splined, and final geometries of a radiocephalic fistula (the same as that shown
in Figure 2.18) can be seen in Figure 2.22.

Several limitations exist to such an approach. The most obvious and detrimental is the
assumption that the ultrasound beam is kept constantly perpendicular to the cross-section
of interest. In practice this is difficult to the point of impossible to achieve. To compensate
for this, one could use the probe’s orientation in space with respect to a patient’s anatomy
to correct for projective geometry distortions (not heretofore discussed). Several excellent
techniques exist to implement such a feature [134, 135, 136, 137, 138], but for time and
scope constraints were not implemented in this work. Extremely pulsatile vessels (such as
the inferior vena cava) could cause temporal changes to become spatial distortions and thus
produce wavy vessels.28 Small vessels, too, pose difficulties as the pixel intensity values
between the interior and exterior of the vessel are not, if I may be excused just this one bit
of wordplay, so clearly black and white.

27Trained hands or automated methods are prerequisite.
28However, an enterprising researcher could use this pulsatility to their advantage. If one splined minimum

peaks to minimum peaks to minimum peaks and maximum peaks to maximum peaks, one might be able to
reconstruct both the minimum and maximum vessel geometries. Furthermore, the relaxation of the vessel
from the maximum to the minimum could also be used to back out elastic properties, stresses, and strains.
Alas, such work is for another dissertation by another researcher.
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2.4.1.6 Theoretical, simulated, and measured flows

Flow through the fistula is one of the key determinants of patency. Pressures, shear stresses,
shear rates, and velocities all serve interweaving and dynamically varying purposes in the
vasculature in this region. The anastomosis should receive a significant influx of arterial
flow to remodel the vasculature in response to the higher flows [139]. Elevated flows are
known to increase nitric oxide mediated vasodilation and the long term exposure of elevated
shear stresses to the endothelial cells of the wall spur adaptive remodeling of the vessel wall
at a cellular level.29 An imbalance of these facets (too much of one, too little of another,
etc.) can cause fistulas to fail to mature.

Guidelines exist to aid vascular surgeons in the creation of fistulas and I have developed
an image processing toolbox to help with the evaluation of fistulas, but the two approaches
must be bridged by some basic intuition of the flow patterns caused by these combined
vessels. To that end, I conducted a series of simulations to model flow within these vessels
to determine what factors and which regions might be of most clinical interest when using
my fistula toolbox.

The simulation performed was of the simplified patient-specific geometry reconstructed
via the steps of Section 2.4.1.5 and presented in Figure 2.22. To simplify the situation
immensely, these simulations assume a constant flow from the artery (of 1200 mL/min)
and a proportional mass transport boundary condition at arterial and venous outflow (of
40% and 60%, respectively), found by via Doppler flow measurements from the actual
patient. Unlike water or saline, blood is a non-Newtonian fluid whose viscosity depends on
the velocity gradient. I chose to work with a modified Power Law first proposed by Jozwik
et al. [142] for the dynamic viscosity term, µ, as it has been done previously for similar
arteriovenous fistula modeling [143]. Its definition is as follows:

⎧
⎪⎪⎪⎨

⎪⎪⎪⎩

µ = 0.554712 ∂V
∂y < 10−9

µ = µ0

(
∂V
∂y

)n−1

10−9 ≤ ∂V
∂y < 327

µ = 0.00345 ∂V
∂y ≥ 327

(2.107)

Three results relevant to the measuring capabilities of the software toolbox were looked into
and are reported here. The first is the velocity profile of Figure 2.23 showing regions of
high velocity in the post-arterial anastomotic segment and lower velocities in the outflowing
artery. This agreed with the results found from the Doppler ultrasound of this patient and

29Specifically, the apical cell surface deforms in the direction of flow causing cytoskeletal reconstruction
and activating several key signaling cascades in response to acute and chronic release of nitric oxide. [140,
141]
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Figure 2.23: Velocity streamlines across the simulated fistula.

the values obtained are in line with those found elsewhere in the literature. The rotational
flows found were also in line with expectations given what we discussed in Section 1.3.
Figures 2.24 and 2.25 show the distributions of wall shear stress and the wall shear rates
across the fistula respectively. As is expect from intuition and the reports of others, large
shear stress concentrations occur in those regions with the highest bulk velocities. The
peak wall shear rates occur along areas of the outer and inner edge of the post-arterial
anastomotic segment, in line with previous reports.

2.4.1.7 Clinical evaluation

A pilot study was conducted twenty-four patients who received an arteriovenous fistula
was conducted to demonstrate the feasibility of clinical implementation of this software to
evaluate these mechanical parameters. Subjects were consented before surgical creation of
their fistula. As part of their standard of care, an ultrasound evaluation of the fistula was
performed approximately one week and five weeks post operatively, and it was during this
time that long- and short-axis views (longitudinal and transverse views, respectively) of the
artery, post-arterial anastomotic segment, and vein were obtained by a trained technician
using a commercially available ultrasound machine with a vascular access probe (need
specifics). The inflow and outflow arteries and veins were each imaged approximately 10
cm from the surgical anastomosis.
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Figure 2.24: Wall shear stress across the simulated fistula.

Figure 2.25: Wall shear rate across the simulated fistula.
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Figure 2.26: Minimum diameter of the inflow artery, post arterial anastomotic segment
(PAAS), and the outflow vein of measured during an initial evaluation (n = 24 patients).
The minimum diameter is reported here as the parameter of interest, distensibility—the
amount a vessel expands from a baseline—relies on it. While the distributions of the vessel
sizes are fairly normal, a few outliers exist in the veins with a pair of measured veins very
large and a single small vein. The patients to whom these outliers belong were removed
from the follow-up examination evaluation (seen in Figure 2.28).

Figure 2.26 shows the minimum diameter of the inflow artery, post-arterial anastomotic
segment, and the outflow vein during the initial evaluation (approximately one week after
surgical creation). As would be hoped for, the vein was found to be on average the largest
vessel. Three notable outliers are present in the vein examination, with two subjects having
an overly large vein and one subject having an abnormally small vein. Though the large

Figure 2.28(a) and (b) show the changes in vessel size and distensibility, respectively,
for the artery, post-arterial anastomotic segment, and vein. These preliminary results indi-
cate that over maturation, the artery tends to become more pulsatile (going from 2.67% to
4.72%)—agreeing with trends observed by others through different means [144]—and the
vein tends to get larger (from an average value of 6.18 to 8.10 mm), as is expected. The
post-arterial anastomotic segment experiences the widest variation among patients upon
first inspection, but after five weeks, the variability in the distensibility dropped signifi-
cantly, with these patients’s values settling to an average of 4.2%. These trends are in line
with our current understanding of the vascular remodeling that fistulas undergo, indicating
that the vein becomes larger and more like an artery while the artery tends to become more
compliant, like a vein. In between, their junction, the post-arterial anastomotic segment
takes on attributes of both.

An estimate of the elastic modulus of the vessels could also be found by first positing
that the distensibility is equivalent to a mean circumferential strain, ϵθ, via the Cauchy
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(b) Distensibility

Figure 2.27: Distribution of (a) pulsatile differences and (b) distensibilities for the inflow
artery, post arterial anastomotic segment, and outflow vein measured during an initial eval-
uation (n = 24 patients).
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Figure 2.28: Clinical data relating the change in (a) vessel diameter and (b) distensibil-
ity measured during an initial evaluation (approximately one week post-operation) and a
follow up examination (typically one to two months post-operation). Note the increased
size of the vein and the increased pulsatility of the artery in the follow up evaluations as
compared to the initial evaluations.
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strain definition, such that the strain at any given time, t, is

ϵθ(t) =
D(t)−Dmin

Dmin
(2.108)

where D(t) is the diameter of the vessel at a point in time and Dmin is the minimum diam-
eter of the vessel. Assuming the walls of the vessels are much smaller than the diameter
itself, the mean circumferential stress, σtheta(t), is then

σθ(t) =
P (t)D(t)

2h
(2.109)

where P (t) is the pressure at a point in time and h is the wall thickness. Such an approach
has been used elsewhere effectively [145]. It is important to state here that the assumption
of thin walls used is not necessarily valid. Unfortunately for this work, actual wall thick-
ness was not measured and thus must itself be estimated (as is shown below). Inaccurate
uniformity and variability must therefore be ever present in our minds for the rest of this
conversation. However, no stenoses or oddly shaped cross-sections were observed. Hence I
feel comfortable inferring that the vessel walls of these patients were within a normal range,
thereby satisfying the thin-walled condition, and presenting this examination. I estimated
the wall thickness of the vessels by synthesizing the results of [146, 147, 148, 149, 150]
to reckon that the ratio of the intima-media to the lumen diameter was equivalent to ap-
proximately 0.05 (on the higher end of the estimates provided by [146] by extrapolating
the relationships found for patients with peripheral artery disease, hypertension, and high
blood pressure—all sharing some commonality with the end-stage renal disease patients
of this work). Much of the nuance of the possible results is unfortunately lost here for the
investigation to happen at all.

The pressures during the cardiac cycle are present and ever changing producing a time
varying stress-strain relationship. Two well defined points exist, though, to aid in this
analysis: peak systole and end diastole. Systolic and diastolic pressures correspond to the
maximum and minimum distention of the vessels, respectively, and allow a simple linear
estimate of the elastic modulus to be calculated. Because of the nonlinearity mechanics
of vessel walls [151], the estimates that follow must be viewed more as a qualitative as-
sessment of arteriovenous fistula maturation more for the benefit of clinicians than as a
quantitative determination of vascular mechanics.

The elastic moduli of ten patients’ vessels is presented in Figure 2.29. No statistically
significant results were observed between the artery and post arterial anastomotic segment
before and after (p = 0.387 and p = 0.454 using a paired, two-tailed t-test). The outflow-
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Figure 2.29: Compliance of the artery, post-arterial anastomotic segment, and vein during
the initial evaluation and the follow up examination. (Data presented is of ten patients with
complete records.)

ing vein’s elastic modulus, however, was statistically distinct from the initial evaluation to
the follow-up evaluation (p = 0.0112), suggesting that the vein become less compliant as
the fistula matures. Whether this stiffening is an artifact of increased local venous blood
pressure or vascular remodeling remains to be seen.30

2.4.2 Example: Continuous inferior vena cava tracking

As previously mentioned, one of the most promising techniques to rapidly gauge fluid
responsiveness has been ultrasound measurement of respiratory induced changes in the
inferior vena cava (IVC) diameter. Having been validated across a variety of conditions
(sepsis [152] , trauma [56], heart failure [53], dialysis [153]) and a variety of patient types
(spontaneously breathing [72] and mechanically ventilated patients), the collapsibility of
the IVC has been shown to reliably guide fluid therapy [154, 69, 70, 71, 155].

The technique works because as one breathes the shifting diaphragm causes intratho-
racic pressure gradients to rise. In spontaneously breathing people, the diaphragm pulls
down during inspiration, creating a transient but significant negative intrathoracic pressure
change. This decrease in intrathoracic pressure results in an increase in venous return to
the heart via the vena cava. This relationship is reversed in the case of positive pressure
ventilation, where a positive intrathoracic pressure accompanies inspiration. As a very

30Though average systolic and diastolic pressures during the initial evaluation were on average higher
than those during the follow-up examination, there was not a statistically significant difference observed.
Presented as the mean(standard deviation) of systole/diastole the initial measurements were 141(28)/70(11)
mmHg while the follow up measurements were 131(39)/64(10) mmHg.
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compliant blood vessel, the IVC is affected by these changes in flow and will collapse to
various degrees under negative pressures (inspiration during spontaneous breathing, expira-
tion under mechanical ventilation) and expand under positive pressures (expiration during
spontaneous breathing, inspiration under mechanical ventilation). The extent of collapse
(or distension) is a function of volume status and of the amount of blood returning to the
heart (venous return) [3, 156] and thus can help guide fluid resuscitation.

Respirophasic IVC changes are a dynamic measure of right ventricular preload. In
spontaneously breathing patients a collapse of greater than 40% is indicates fluid respon-
siveness [72] the patient will increase cardiac output if provided fluid [157]. In mechan-
ically ventilated patients an increase IVC diameter of 12-18% similarly indicates respon-
siveness [154, 70]. Such a measurement can be taken quickly and easily at the bedside
via ultrasound (Figure 1.14), providing actionable data in the time it takes to take a breath.
Because of the relative ease in taking the measurement, its predictive power of fluid re-
sponsiveness, and the increased utilization of point-of-care ultrasound systems, the caval
index as a guide for fluid therapy has become increasingly popular among clinicians.

Limitations to a physician-based measurement technique exist, however, including re-
lying on rough estimates of collapse by physicians without measurement and inconsistent
collapse measurements stemming from measuring different points along the vessel. More-
over, currently no tool is clinically available that can measure the diameter of the IVC
continuously during the performance of the ultrasound.

To provide such a tool, we developed a simple point-tracking algorithm based on the
paired combination of the Kanade-Lucas-Tomasi feature tracker [111, 131] and pyramidal
segmentation. Working with ultrasound videos in the DICOM (Digital Imaging and Com-
munications in Medicine) standard, this simple algorithm allows a clinician to manually
select points on either side of the vessel to track over the course of the video. The distance
between these two points is then calculated and the respiratory variations in the diameter
of the IVC can be calculated for the caval index. With this technique, we have created a
tool to investigate the continuous waveform of the IVC diameter, opening many avenues
for future research, including the recently reported cardiac collapsibility index [158].

In this section I outline a clinical experiment designed to test the accuracy of the feature
tracking algorithm discussed previously to the task of tracking the diameter of the inferior
vena cava via ultrasound. The results of the algorithm are compared against specially
trained physicians and the automated measure was found to be accurate to within the level
of variation between clinicians themselves.
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2.4.2.1 Experimental design

Fifty spontaneously breathing subjects had their IVCs examined while in a supine posi-
tion. A physician with training in ultrasound imaged the IVC subcostally in a subxiphoid
longitudinal view using a phased array or curvilinear ultrasound probe. Ultrasound was
performed using a commercially available device (Mindray M7, Mindray North American,
Mahwah, NJ). A total of 64 B-mode cine loops 10-15 seconds in length were saved in the
DICOM format for post-clinical evaluation. Though many sonologists have used M-mode
imaging to calculate IVC collapsibility and distensibility, it has been demonstrated that
respiration results in caudal displacement of the IVC, often leading to inaccurate M-mode
based measurements [159, 160].

Two trained ultrasound physicians then measured (via Escape Medical Viewer, Thessa-
loniki, Greece) the caval index by identifying a point of maximal collapse (minimal diam-
eter, peak of inspiration), approximately 2 cm caudal to the hepatic vein inlet (as suggested
by Wallace et al. [159]), then using frame by frame manual analysis to find the correspond-
ing point of maximal diameter (peak of expiration). The caval index, CI , for spontaneous
breathing is here defined as the difference between the maximum, Dmax, and minimum,
Dmin, diameter normalized to the maximum diameter, represented as a percent

CI =
Dmax −Dmin

Dmax
(2.110)

A wide variety of inferior vena images (see Figure 2.30) were measured to test the
limitations of the automated measurement.

Using the same landmarks, points were selected by a researcher using the software
that were then tracked frame-to-frame via the algorithm described in the previous section.
The minimum and maximum points within a clip were detected via peak detection and the
caval index for each clip was calculated. The results obtained from the clinicians and the
software were compared.

2.4.2.2 Statistical analysis

Descriptive statistics including means, standard deviations and diagrams were found to vi-
sually inspect the data. Intraclass correlation coefficients (ICC) (2,1) [161] were calculated
to determine the level of agreement and consistency between the physician and automated
measurements. The method described by Bland and Altman was used to analyze the bias
and precision between automated and physician measurements and to determine the limits
of agreement by defining the mean and standard deviation (SD) of the differences. The
limits of agreement were defined as the mean difference ± 2(SD) of the differences. Data
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Figure 2.30: Varieties of inferior vena cava images. A point tracking system must be robust
enough to handle the substantial variety of ultrasound images that arise from patients.
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are presented as mean(SD) and where appropriate, 95% confidence intervals are reported.
For all calculations, p levels of ≤0.05 were considered statistically significant. MATLAB
was used for all data analysis.

2.4.2.3 Results

Of the 64 initial images, three were deemed not possible to measure by the clinicians (lack-
ing the necessary landmarks or suffering from significant cylinder tangent throughout a
clip). An additional four were not able to be measured by the algorithm due either to con-
sistent software crashes across many versions of MATLAB (two cases) or images of too
poor in quality to track (two cases, discussed later). Therefore a total of 57 images from 47
patients were included for analysis.

One result observed through the automated measurement that is difficult to discern
manually by a clinician is diameter changes corresponding to both respiratory and cardiac
cycles. Figure 2.31 demonstrates the effects of both cycles in a spontaneously breathing
subject. The raw signal in the top graph of Figure 2.31 is the result straight from the KLT
algorithm described. To isolate the respiratory signal, this raw signal was low-pass filtered
with a corner frequency of 0.6 Hz. Subtracting the respiratory signal from the raw signal
resulted in what I believe to be signal from the cardiac cycle (Figure 2.31 (bottom)). Only
recently have researchers begun to explore the potentially useful metric of the cardiac col-
lapsibility index (CCI) in the IVC [158]. To my knowledge no researchers have previously
presented evidence of the existence of CCI variability (CCIV) as shown in the bottom half
of Figure 2.31.

For the results that follow, what is presented are the maximum and minimum diameters
of the raw signal. As the physicians had no way of knowing the individual contributions of
the cardiac and respiratory cycles, the accuracy of their individual measurements could not
be made.

Figures 2.32(a) and (b) show the distribution of maximum IVC diameters and caval
indices observed by the trained physicians in this study. The maximum diameters tend to
fit a normal distribution centered around a mean of 17.9 mm with a standard deviation of
4.12 mm. The caval indices as measured by the physicians varied widely from 0-100%,
with a predominant peak between 10-30%. Thirty-two subjects (40 images) had an IVC
collapse of less than 50% and 15 subjects (17 images) had a collapse of greater than 50%.

A plot of the means of and differences between the automated and physician measure-
ments of the caval indices can be seen in Figure 2.33. The difference was found by sub-
tracting the automated measurement from the physician measurement. Three outliers were
observed at higher levels of collapse indicating certain limitations of the automated tech-
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Figure 2.31: Representative example of the inferior vena cava diameter tracked over time
through ultrasound and the iterative KLT algorithm. Note that the raw signal (top) is
unfiltered and represents the motion of the inferior vena cava precisely. Removing the
respiratory signal produces a cardiac only signal (bottom) whose amplitude varies with
respiration—increasing during inspiration and decreasing with expiration.
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Figure 2.32: A histogram of (a) the maximum diameters of the IVCs as measured by the
clinicians and (b) the caval index of the IVCs as measured by the clinicians. While a fairly
normal distribution was found for maximum diameters (centered around 18 mm), the caval
indices demonstrated a skewed distribution with a long tail tending toward 100% collapse.
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-8.96

Figure 2.33: Bland-Altman plot (mean of measurements vs. the difference in measure-
ments) of the caval indices as measured by physicians and the algorithm. The three white
points at high levels of collapse represent outliers in the data set.

nique at higher caval indices. Excluding these outliers, the average measured difference
between the two techniques is 2.12% with a standard deviation of 4.48%. More broadly,
there is good agreement between the two types of measurement to within 10% for over
95% of the data.

Table 1 lists the averages, standard deviations, and ranges for the maximum IVC diam-
eter, minimum IVC diameter, and caval indices from both the physician and algorithmic
measurements.31 Intraclass correlation coefficients of the form ICC(2,1) from Shrout and
Fleiss [161] were calculated for the maximum diameter, minimum diameter, and the caval
index yielding values of 0.897, 0.967, and 0.975, respectively. All measured data, including
the three identified outliers, were used to populate this table.

2.4.2.4 Discussion

This algorithmic approach to measuring the IVC diameter accurately replicates the max-
imum, minimum, and collapsibility to within 10% of physician reported values in over

31These results were remarkably in line with those found in Blehar et al. [160]
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Table 2.2: The averages, standard deviations, ranges, and intraclass correlation coefficients
for the maximum IVC diameter, the minimum IVC diameter, and the caval index as mea-
sured by physicians and the proposed algorithm.

Max Diam.
[mm]

Min Diam.
[mm]

Caval Index
[%]

Mean (physician) 17.9 12.1 36.4
Mean (algorithm) 18.6 13.1 33.5
SD (physician) 4.12 6.67 29.2
SD (algorithm) 2.88 6.85 26.0
Range (physician) 8.71 27.4 0 24.2 0 100
Range (algorithm) 9.22 29.5 1.62 26.7 2.02 86.1
ICC 0.897 0.967 0.975
ICC [95% C.I.] [0.817 0.941] [0.881 0.986] [0.942 0.988]

95% of measured cases, with intraclass correlation coefficients for each of the parameters
equal to 0.897, 0.967, and 0.975, respectively. Such a high degree of agreement shows that
our feature tracking algorithm produces measurements functionally equivalent to trained
physicians. The vast majority of the differences between the measurements from a physi-
cian and from the algorithm are less than 1 mm, stemming from a slightly different set of
points measured along or at the edge of the vessel. This degree of accuracy and precision
coupled with the ability to give high quality continuous tracings of the IVC provides strong
evidence for utilizing this technique for future work.

However, limitations to the proposed algorithm exist. The feature to be tracked, the
edge of the vessel, must be clear and consistent. The algorithm as developed and reported
has no means by which to correct for cylinder tangents, highly noisy images, or ultra-
sonic shadows, as may appear if imaging between ribs, falling along the edge. That is,
the featuring tracking portion of the algorithm cannot compensate for any irregularities ap-
pearing within the images from shifting imaging probes. Another possible source of error
in the measurement comes from very large, very sudden movements as may accompany a
forceful sniff. Though pyramidal segmentation has been employed to combat these effects,
caution is advised before implementing this algorithm to investigate very large and rapidly
occurring IVC collapse.

2.4.2.5 Future work

Of particular interest is the potentially physiological meaning of both the CCI and CCIV.
These may represent new diagnostic and therapeutic targets. However, it will be necessary
to clearly track these in real time to better understand their importance and to this end, the
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algorithm described in this report may help. I am currently investigating these parameters
and their change in response to both positive and negative fluid challenges in spontaneous
and mechanically ventilated patients. It is only due to time constraints that the details of
that investigation are not included here.

2.4.3 Conclusions

Herein I have demonstrated the feasibility of an image processing tool to continuously mea-
sure physical parameters of the vasculature including the cardiac and respiratory phasicity
of the IVC diameter as accurately and more rapidly than a trained physician, the small
pulsatile motions of arteriovenous fistula as they develop over time, the elastic moduli
of surface level vessels, reconstruct the three-dimensional structure of blood vessels from
handheld ultrasound probes alone, and in some subset of cases even obtain an approximate
measure of the shear rate of blood against the wall. These methods are combined into
an open-source toolbox, providing clinicians and researchers access to underlying phys-
iology not immediately available through previous imaging techniques. In the broadest
sense, I hope that these tools encourage more to adopt advanced image processing tech-
niques in general (and my specific open-source toolbox, specifically) to aid in their clinical
observations—helping guide diagnostic decisions, helping treat patients.

Thus validated, these ultrasound techniques serve as the standard against which the
bioimpedance techniques will be compared.

117



CHAPTER 3

Bioimpedance monitoring

And wonders within there yet.

Walt Whitman, I Sing the Body Electric

3.1 Theoretical basis of bioimpedance

Bioimpedance is the historically encumbered term1 used to describe the study of tissues
subject to external electrical excitation. It is distinct within the field of electrophysiology in
that it is primarily concerned with ascertaining the passive electrical properties of biological
tissues (whether living, dying, or dead) by applying a stimulus to a material, measuring
the response, and inferring something of the underlying electrical, chemical, anatomical,
or physiological mechanisms. This approach can be seen as distinct from the study of
bioelectricity, which concerns itself with the active electrical properties of tissues. In this
context active properties include those that generate electrical phenomenon, such as the the
neurons of the brain or the sinoatrial nerves of the heart. Passive properties, in contrast, are
those that arise from an applied electrical stimulus.

Biological tissues, in addition to being great and wonder filled things, are also at root
complicated bags of salty water. Boundaries are formed between inner cellular components
and extracellular components by semipermeable membranes, a vast array of ions, organic
compounds, organelles, and even other living organisms may all exist within the bounds
of a particular biological tissue. This muddles matters immensely as it means tissues act
as both conductors—materials that allow the flow of electrical current—and dielectrics—
materials that do not allow current flow, but can be polarized in the presence of an electric
field. This means that their are some facets of tissues that allow current to flow and others

1I say historically encumbered because it has become entrenched through repetition rather than reason.
The field of bioimpedance and those working within it have broader interests than the ”impedance” of the
name would imply. Indeed, even the ”bio” prefix is not necessarily applicable to all work within the field.
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which oppose it (through energy storage, not just dissipation). Further extenuating the situ-
ation is the fact that at sufficiently high frequency alternating currents, everything acts like
a dielectric material, indicating that any categorical distinctions to be made are frequency
dependent. Indeed, this can be described more robustly by defining a material whose capac-
itive current is larger than its in-phase current, such that ωC > G, where ω is the angular
frequency, C is the capacitance, and G is the conductance.2 Thus whether one regards a
tissue as mostly a conductor or mostly a dielectric will depend on the tissue itself and the
context in which it is being evaluated.3

3.1.1 Permittivity and polarization

F1 F2F2r21

q1 q2

Figure 3.1: Point charges demon-
strating Coulomb’s law.

To understand what electricity does to a material, let
us first review a few fundamentals. The first to con-
cern us is Coulomb’s law specifying the static rela-
tionship between force and electrically charged par-
ticles to be inversely proportional to the square of the
distance between them (seen in Figure 3.1). Unlike
other Mathematically this is

|F|= ke
q1q2
r2

(3.1)

where |F| is the magnitude of the force vector, ke is Coulomb’s constant (ke = 8.987 ·
109 N · m2/C2), q1 and q2 are the two electric charges, and r is the distance between the
charges. Though it might not be readily apparent, Coulomb’s constant actually hides within
itself a very important physical parameter: permittivity.

Defined as the resistance encountered when forming an electric field within a medium,
permittivity describes how a dielectric material is affected by, and itself affects, the estab-
lishment of an electric field.4 Coulomb’s constant is related to the permittivity of free space
(the permittivity of a vacuum), ϵ0, by

ke =
1

4πϵ0
(3.2)

with meaningful units of newtons per coulomb, volts per meter, and tesla meters per sec-
2From discussion that follows, one can see that this is equivalent to f > σ/2πϵ.
3For instance, skin tends to act more as a dielectric than the more conductor-like muscle tissue that lies

below it. How one models a limb, therefore, is a matter of preference as the mathematics ought to come out
the same in either case.

4Please note another unfortunate word choice in the field here as permittivity is a measure of resistance,
where as its root word “permit” suggests the opposite. Adding further to our grief is the fact that the term
resistivity, discussed further on, enjoys popular parlance to refer to something else entirely.
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ond. This vacuum permittivity can also be thought of as the absolute permittivity against
which all other materials’ permittivities can be scaled. In this way we can define the actual
permittivity of a material, ϵ as the product of relative and absolute permittivity, ϵr and ϵ0,
respectively:

ϵ = ϵrϵ0 (3.3)

Equation 3.1 can be represented vectorially by defining a vector pointing from charge
one to charge two, r21 = r1 − r2, and by noting the unit vector becomes r̂21 = r21/|r21|.
Further substituting the results of equations 3.2 and 3.3 into 3.1 we are left with a medium
specific Coulomb relationship for two particles

F1 =
q1q2

4πϵrϵ0|r21|2
r̂21 (3.4)

One interesting result of the above equation is that larger values of permittivity produce
smaller forces. This helps to explain how water with its high relative permittivity is able to
dissociate many solutes that are otherwise held together by Coulomb forces.

Another way to characterize pairs of electric charge is to think of them as dipoles,
doublets of positive and negative electric charges kept a distance away from each other.
Such a phenomenon is described by its dipole moment, p. In the simple case of two point
charges separated by a displacement vector, d, and with each charge, q1 and q2, having the
same magnitude, q, and opposite signs, the dipole moment is written as

p = qd (3.5)

We are justified in easily extending this formulation to many such dipoles existing within a
medium as

n∑

i=1

p =
n∑

i=1

qidi (3.6)

Coulomb’s law5 can be further expanded to give rise to the concept of the electric field,
wherein a single charge at a particular point experiences a force gradient of the form

E =
F

q
→ |E|= |q|

4πϵrϵ0r2
(3.7)

The energy required to a move a charge, q, from infinity to some point across this field
is qΦ, where Φ is the potential at the location of interest. This potential, often called

5The resulting potential of dipoles within a field is extensible by the same logic.
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voltage6, is the work done by the electric field to carry move the charge from infinity to
point. Differences in electrical potential represent the amount of work that could be done if
electric current was allowed to flow. Indeed, much like fluid flow’s relationship to pressure,
current must flow down potential gradients. Hence, the energy of the field, E is equivalent
to the gradient of the potential in space:

E = −∇Φ (3.8)

Note that electric potential, Φ, is a scalar component, not a vector. The directionality of
energy follows from the gradient vector, ∇, of potential, not from potential itself.

From this cursory examination we have established how energy and the electric field
are related and how current (that is, charge) flows in the presence of such a field. This
latter phenomenon, namely the disturbance of the distribution of charge due to an electric
field, will be referred to here as polarization and it is a key concept in the evaluation of
electrical properties. Unless otherwise specified, I will use this definition when referring
to polarization within a material. Within tissues, this polarization may either by endogenic
(produced by a tissue itself) or exogenic (caused by an externally applied field). While
the membranes of living cells are endogenic polarized (due to the sodium-potassium pump
transferring ions across the cell to create a negatively charged interior with respect to the
surrounding environment), the techniques of bioimpedance are almost wholly concerned
with exogenic polarization.7

In general there are four main types of dielectric polarization: ionic, dipolar, atomic,
and electronic. Ionic polarization emanates from the displacement of ions, atoms or molecules
with an imbalance of charged particles, within a medium. Dipolar polarization, also called
orientational polarization, results from the realigning of dipoles, either permanent or in-
duced, when subjected to an electric field. Atomic polarization occurs when the nucleus of
an atom reorients itself in response to an external electric field. Electronic polarization hap-
pens when an electric field induces very small translational displacements in the electron
cloud surrounding an atom. Each of these types of polarization happens over an increas-
ingly short period of time, respectively, with ionic polarization occurring over the longest
period of time (just about everything greater than one microsecond), followed by dipolar,
atomic, and finally electronic polarization (transpiring over picoseconds). Thus, depending
on the frequencies present in the variation or establishment of an electric field will act by
different mechanisms to polarize the dielectric.

6The unit for potential, the volt (equal to joules per coulomb), named for the pioneering scientist of
electricity Alessandro Volta, bears some responsibility in this more conventional, if less helpful, name.

7Recall that bioimpedance is the study of passive electrical properties, not active ones.
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Polarization is the cumulation of all dipole moments within a volume. Given the va-
riety of different polarization mechanisms, this resultant can include dipoles from atoms,
molecules, and collections of molecules. As such, polarization is the macroscropic repre-
sentation of the net summation of the dipoles within a region, and its mathematical repre-
sentation, P is a vector in space and its orientation is a function of both energy field and
another field known as the electric displacement field. The electric displacement field, D,
also known as the electric dipole moment density, specifies the effects of free and bound
charges within a material with respect to electromagnetic phenomenon. Phenomenologi-
cally, D is defined as

D := ϵ0 +P (3.9)

In linear, homogeneous, isotropic dielectric materials with a negligible response time over
the period of measurement, the polarization vector is equivalent to the product of the elec-
tric susceptibility and the energy field such that

P = ϵ0χE (3.10)

where χ is the electric susceptibility of a material (χ = ϵr−1). Thus, substituting the above
equation into equation 3.9 the surface charge density (another way of stating the electric
displacement field) of such a material would be

D = ϵ0(1 + χ)E = ϵE (3.11)

with units of C/m2 for a surface charge density and Cm/m2 for a dipole moment volume
density. Both interpretations are widely used.8

Though I have gone one at some length, one important fact to note is that polarization
cannot actually be measured. What can be measured are certain dielectric properties (re-
sistance, capacitance, etc.) and from that polarization can be inferred and calculated. This
is why we will primarily concern ourselves with the physical parameters of polarization
(such as impedance) rather than its actual manifestation. Whether such a refinement (from
properties to phenomenon) would improve the work demonstrated here remains to be seen.
For now, we will have to proceed with the empirically based assertion that the physical
properties we deal with have some bearing on the electrical phenomenon we exploit.

8Note further that permittivity is by this reckoning a measure of the dipole moment density induced by an
electric field.
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3.1.2 Complex permittivity

From equation 3.11 we can see that permittivity directly accounts for the dipole moment
density induced by an electric field. By measuring permittivity (or the related parameters
of conductivity or resistivity), one can infer polarization and from that back out the phys-
ical changes occurring during the measurement. Researchers in the bioimpedance field
have devised a number of interesting ways to infer phenomenon including the behavior
of cells (Coulter counters, hematocrit measurement, and cell culture development), the
classification of tissues (detecting fluid compartment, body mass indices, and pathological
tissues), and, most relevant to this work, volume changes (cardiography, pnuemography,
and plethysmography).

d

C

A

-Q+Q

V

Figure 3.2: Simple capacitor repre-
sentation of dielectric material.

At this point it may be useful to think of per-
mittivity as a complex quantity having both real and
imaginary components. We can thus define this
complex permittivity, ϵ, by convention as

ϵ = ϵ′ + ȷϵ′′ = (ϵ′r + ȷϵ′′r) ϵ0 (3.12)

where ϵ′ is the magnitude of the real portion and ϵ′′

is the magnitude of the imaginary component. One
may also wish to apply this logic to both conduc-
tivity, the measure of a material’s ability to conduct
an electric current (with units σ/m), and resistivity,
a measure quantifying how strongly a material op-
poses the flow of electric current. These two quanti-
ties can defined, respectively, as

σ = σ′ + ȷσ′′ (3.13)

ρ = ρ′ + ȷρ′′ (3.14)

analogously to permittivity. Note that while the relationship between resistivity and con-
ductivity is commonly written as ρ = 1/σ, what is meant is |ρ|= 1/|σ|.9

With these definitions we can consider a simple dielectric material sandwiched between
two electrodes subjected to an alternating source (as seen in Figure 3.2). If we simplify this
situation by specifying there is no direct current conductance, no accumulation of free

9When dealing with only real values this does not pose much of a concern, but when working with
complex signals as we do here we must bear in mind that ρ′ ̸= 1/σ′.
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charges at the interfaces, and no electrode polarization, we are left with a picture of an
ideal capacitor. The imposed electric field disturbs the distribution of bound charges in the
dielectric material. Such a material is defined by C = Q/V , where C is the capacitance
of the material, Q is the charge, and V is the potential across the material. Assuming
a unidirectional, constant electric field, the magnitude of the potential across the plates
separated by a distance, d, can then be calculated by the line integral (along the direction
of application, x) of the electric field, |E| such that

Φ =

∫ d

0

|E|dx (3.15)

Assuming a uniform charge density ρq = Q/A, where Q is the charge over the electrode
area, A, and noting that |E|= ρq/ϵ, the above equation can be solved as

V =
Qd

ϵA
(3.16)

Noting further that the capacitance in such a scenario is equal to

C =
A

d
ϵ (3.17)

However, once one applies an alternating signal (be it potential or current) through the
electrodes into such a material, it will become immediately apparent (with the right tools)
that the maximum current and maximum potential will not occur at the same time. There
is a delay in time between the two that we call a phase-shift and in an ideal, steady-state
capacitor subjected to a sinusoidal signal, the voltage will lag behind the current by 90. Put
another way, the conductive component of the signal and the capacitive component of the
signal are separated by a phase of 90. As per convention we call the conductive component
in-phase and the capacitive component out-of-phase. Unlike DC signals, then, it is not
possible to characterize an AC signal or response with a single number and minimum of
two are required. These two numbers describe the relative proportion of an AC signal that
is in-phase and out-of-phase.

In the capacitor model, therefore the total admittance—the measure of how easily cur-
rent flows through a material—has both an in-phase component, conductance, G, and 90
phase-shifted component, susceptance, B. Admittance, Y, is thus written as

Y = G+ ȷB (3.18)

and in the case of the dielectric material we have described (substituting equations 3.12,
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3.30, and 3.17) can be written as

Y =
A

d
(σ′ + ȷωϵ′) (3.19)

Since conductivity and permittivity are related by

σ = ȷωϵ (3.20)

a wide range of additional relationships between the passive electrical parameters can be
written. While I encourage readers to look into this matter further, for now, those relation-
ships will be assumed in what follows and used as needed.

3.1.3 Relaxation and dispersion

Frequency [Hz]
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Figure 3.3: Dielectric responses. Modified from
”Dielectric responses” by Archimerged found at
Wikipedia. Licensed under Attribution via Commons
- https:// commons.wikimedia.org /wiki/

As we have mentioned previously,
there is a frequency dependence to
permittivity, a property known as
dispersion, which is caused by the
lag between the application of an
electric field and the polarization
that results. This lag in the system
is known as dielectric relaxation
and is a function of both the ma-
terial and the applied field’s fre-
quency. Dispersion and relaxation
ultimately describe the same phe-
nomenon, with the former doing
so in the frequency domain and
the latter in the time domain.

One of the most widely used
models of dielectric relaxation
was first introduced by Peter De-

bye in 1913. This model (the Debye single dispersion model), assumes a non-interacting
population of dipoles in the presence of an alternating exogenic electric field, posits

ϵ(ω) = ϵ′∞ +
ϵ′s − ϵ′∞
1 + ȷωτ

(3.21)
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where ϵ(ω) is the complex permittivity varying with angular frequency, ω, ϵ′∞ is the permit-
tivity at an infinitely high frequency, ϵ′s is the static, low frequency permittivity, and τ is the
characteristic relaxation time constant of the medium. It is quite common for materials to
have different relaxation time constants and thus different dispersions across a broad range
of frequencies. As stated before, different polarization mechanisms take different periods
of time to happen over, and as such are limited in their frequency responses: dipolar polar-
ization cannot respond to oscillations greater than about 10 GHz (in the microwave region),
ionic polarizations are generally limited to electric fields below 10 THz (within the infrared
region), and electronic polarization loses its ability to respond above 1 PHz (just above the
ultraviolet region). Therefore, many distinct regions can characterize a dielectric material’s
dispersion as a function of frequency. One general example of such dispersive behavior for
complex permittivity can be seen in Figure 3.3 where regions are clearly demarcated by
ionic, dipolar, atomic, and electronic polarization.

3.1.4 Biological materials and their electrical equivalents

While the Debye model of relaxation works well for many materials, researchers in the
1920-1930s discovered that it did not quite match the results found when testing biological
materials. Because even the simplest biological materials have immense variety in their
material composition, the idea of a distribution of relaxation time constants was proposed
to compensate for the differences in empirical observations and theoretical expectations.
Early work by Kenneth Cole [162, 163, 164, 165, 166] eventually led to a model of di-
electric materials (developed with his brother Robert Cole) that extended the logic of the
Debye model by introducing the concept of a constant phase element—a component whose
phase angle is independent of frequency and thus stores energy in addition to dissipating it.
This model, known as the Cole-Cole model, was first introduced in 1941 [167, 168], adds a
parameter, α, to the exponent of the ȷωτ term in equation 3.21 that defines the distribution
of relaxation times in a material:

ϵ(ω) = ϵ′∞ +
ϵ′s − ϵ′∞

1 + (ȷωτ)1−α
(3.22)

This is the Cole-Cole model so revered in the bioimpedance community. Its simplicity
belies its ingenuity: with this single additional parameter, the vast majority of biological
tissues can be described accurately, and has been done so for decades. However, as Cole
and Cole noted the physical significance of this parameter is unclear [167] and the distribu-
tion of relaxation times it proposes is not immediately or intuitively obvious. Indeed many
different distributions have been observed in dielectric materials and their interpretation is
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Figure 3.4: Idealized behavior of dielectric dispersions for biomaterials showing α, β, and
γ regions. Modified for educational purposes from Bioimpedance and Bioelectricity Basics
by Grimnes and Martinsen, originally from Schwan.

still a matter of debate.10

In biological materials generally, the dielectric spectroscopic response curves tend to
display three general regions of dispersion—α-, β-, and γ-dispersion—as seen in Fig-
ure 3.4.11 These dispersions arise from frequency- and relaxation-dependent mechanisms:
alpha-dispersion is believed to caused by active cell membrane and gated channel effects,
ionic diffusion, and intracellular structures; β-dispersion reflects passive membrane capac-
itance, Maxwell-Wagner effects, and the response of protein molecules; and γ-dispersion
results from dipolar mechanisms present in polar media (water, salts, etc.).

The presence of distinct regions of dispersive behavior suggest to many researchers the
presence of multiple distinct bands of relaxation time constant distributions and it is quite
common to see biological materials modeled as such if one measures over a sufficiently
large frequency spectrum. One of the most impressive procedures to document the permit-
tivity of a wide variety of biological tissues over an immense frequency range (from 10 Hz

10Since the distribution of relaxation times does not bear on this work any more than is needed for a
recognition of its presence, we will not concern ourselves with it further.

11Another type, δ-dispersion, often appears in the GHz range. As that is far outside our scope of inquiry, it
will not concern us here.
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to 20 GHz) was undertaken by Gabriel et al. [169, 170, 171]. In this work, the permittivity
of nearly 50 biological tissues was surveyed from the literature, measured, and indepen-
dently fit to a parameterized summation of four Cole-Cole models.12 That model is of the
form

ϵ(ω) = ϵ∞ +
4∑

i=1

∆ϵi

1 + (ȷωτi)
(1−αi)

+
σs
ȷωϵ0

(3.23)

where i is the indexing variable for each Cole-Cole model, ∆ϵ is the difference between
the low and high frequency permittivity (ϵs − ϵ∞), and σs is the static ionic conductivity.
Table 3.1 is populated with the values fit for each of the parameters for a few biological
materials of interest.

To simplify matters, rather than model tissues as dielectrics, biological materials may
also thought of in terms of equivalent impedance of a simple circuit.

Electrical impedance is a measure a materials resistance to an electrical flow given a
potential. This can be understood through Ohms law, which states

Z =
V
I

(3.24)

where Z represents the impedance vector, V represents the voltage vector and I represents
the current vector. Because each of these variables is complex, they have real and imaginary
components. The two components that make up the impedance vectors are the resistance,
R, and the reactance, X , constituting the magnitudes of the real and imaginary elements of
Z. Mathematically, this can be written as

Z = R + ȷX (3.25)

where the reactance is augmented by the imaginary unit equal to the square root of -1
in much the same way equation 3.18 is. (Indeed impedance is merely the inverse of
admittance, Z = 1/Y) From basic vector mathematics, we know that the magnitude of
impedance is

|Z|=
√
R2 +X2 (3.26)

and the phase is

φ = tan−1

(
X

R

)
(3.27)

For most tissues, the magnitude and phase of impedance are frequency dependent (an
12As the authors acknowledge, though only three main dispersions are evident over the frequency range

they measured, a four term model was used for flexibility and a better fit.
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Figure 3.5: The cells of a tissue and their electrical component equivalents. For an indi-
vidual cell, Rm and Cm are the resistance and capacitance of the cellular membrane, Ri is
the intracellular resistance, and Re is the extracellular resistance. Summing up all the cells
yields one of two popular equivalent circuits to work with, one (right top) the parallel com-
bination of a resistor, R1 with a series combination of a resistor, R2 with a capacitor, C, and
the other (right bottom) the parallel combination of a resistor, R1 with a series combination
of a resistor, R2 with a constant phase element, CPE.

by extension, so too are resistance and reactance are). This is due to the combination of
cellular (intracellular elements surrounded by cellular membranes) and extracellular com-
ponents. The cellular membranes separating the resistive intra- and extracellular fluids act
much like capacitors or constant phase elements, themselves a time/frequency dependent
electrical component that behave as high pass filters (low frequency alternating currents do
not pass through easily, high frequency do). Such electrical behaviors have led research to
treat biological tissues as an equivalent circuit composed resistor in parallel with a series
combination of a resistor or a capacitor (as shown in Figure 3.5).

From this equivalent circuit and from observation, researchers know that if such a sys-
tem were subjected to a frequency sweep, the tip of the bioimpedance vector traces out a
depressed semi-circular locus on a resistance-reactance plot as shown in Figure 3.6. The
path traced is a function of the intracellular and extracellular fluids within the body, them-
selves a function of the sum total of the volumes of conductors and nonconductors. Put
simply, so modeling impedance gives investigators another means by which to represent
the dielectric properties of a material.
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Figure 3.6: Representative resistance-reactance plot for biological tissues. Z(ω), θ(ω),
R(ω), and X(ω) are the impedance, phase angle, resistance, and reactance at an angular
frequency, ω, R0 is the resistance at low frequencies, R∞ is the resistance at high frequen-
cies, Xpeak is the peak reactance and it occurs vertically over the depressed locus, D.
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3.2 Practical application of bioimpedance

3.2.1 Clinical use

Many techniques use the passive electrical properties of materials to glean information
about them. Bioimpedance specifically has been used in non-medical applications as di-
verse as authenticating finger prints [172], tracking the fermentation of alcohol [173, 174],
and monitoring the quality of meat [175, 176]. Researchers working with everything from
single cells [177] and cultures [178] to tissues [179] and organs [180] to whole bodies
[181] and populations [182] have used bioimpedance based methods to quantify anatomy
and physiology, structure and function.

As might be expected, a significant portion of bioimpedance researchers have focused
their efforts on medical applications, where the dielectric properties are reflective of under-
lying chemistry and biology. In this section, I will briefly review three pillars of bioimpedance
relevant to the research presented in the latter half of this chapter13: static, dynamic, and
multidimensional approaches.

In this context, both static and dynamic approaches refer to techniques yielding a single
value at a given time for their description. That is, the technique yields a single number
(and it may be a complex number) and can thus be thought of here as “one-dimensional.”
Whether this value is expected to remain constant or vary over the course of measurement
distinguishes the static from the dynamic, and examples of each can be seen in Sections
3.2.1.1 and 3.2.1.2, respectively. In contrast, a multidimensional approach, such as elec-
trical impedance tomography, synthesizes many one-dimensional measures to give a fuller
picture of the observed material. Such an approach may itself be either static, dynamic, or
some combination of the two as is the case in the example given in Section 3.2.1.3.

Though such a parsing is convenient for this discussion, one must not act as though
these distinctions are hard and fast. For instance, one could use a static measurement over
multiple time frames, along multiple sites, or across multiple people within a population
and my delineation of it here as unchanging is no longer as neatly drawn. Furthermore,
dynamic measures need not vary as a function of time. Mechanical deformation [183] and
biological development can be readily described in terms of bioimpedance. This framework
was chosen to better triangulate the place of my bioimpedance technique and the examples
elucidated below are presented to the same ends.

13I leave other equally practical techniques applying bioimpedance such as for the control of electrosurgery,
the measurement of electrodermal activity, and rheoencephalography for the interested reader to discover.

132



3.2.1.1 Bioimpedance analysis: fluid distribution and hydration status

One of the most common and widely implemented uses of “static” bioimpedance tech-
niques clinically is the measurement of fluids throughout the body [184]. Intracellular
fluids, extracellular fluids, their summation (known as total body water content, whole
body fluid content, etc.), and their distribution throughout the body all factor critically into
normal physiological functioning and as such have been used to diagnose the extent and
severity of many pathologies.14

Broadly speaking, there are four general bioimpedance based methods to assess fluid
volumes throughout the body.

1. Single frequency bioimpedance analysis. The most reported method is the predic-
tion of total body water from whole body impedance measurements, typically taken
at a single frequency. To compensate for individual variations, several other vari-
ables are often introduced—from gender to age, from height to weight—in the desire
to increase accuracy. Many equations have been found and experiments conducted
demonstrating good empirical correlation between body and segmental impedance
measures and total body water [181, 185, 184, 186, 187], though such relationships
have not thus far been directly derived from biophysical models.

2. Bioimpedance spectroscopy. A second uses bioimpedance spectroscopy to fit a
model (recall 3.6), often of the parallel branch.15 The resistance values at either
extreme, R0 and R∞, are extrapolated to predict the extracellular and total body fluid
components, respectively. The intracellular fluid components can be found by taking
the difference between these two measures. By assuming certain facts about the
fluids’ resistivities, the volumes of each components can be estimated. The anistropy
of real tissues and the range of resistance values possible from the typical to the
pathological conspire to make this technique useable in only narrow and specialized
circumstances. Evidence suggests it may be useful in monitoring during dialysis
[188].

3. Multiple frequency bioimpedance analysis. A combination of the first two, a third
method estimates extracellular and total body water content by inputting only low
(1-5 kHz) and high frequency (>100 kHz) signals, respectively. Intracellular water

14The extracellular fluid compartment is composed of two distinct spaces: the intravascular and the in-
terstitial. I relegate this to a footnote for now, but its distinction is crucial for the proposed use (outlined in
Section 3.2.2).

15As an aside, throughout the literature this is all too often referred to as a “Cole-Cole” model. This is
wrong. The Cole-Cole model, you will recall, is a permittivity model and does not speak to resistance or
reactance in this way. I applaud the efforts of Grimnes and Martinsen to dissuade this sort of terminology.
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is still found by taking the difference between the two and requiring a slate of as-
sumptions: tissue isotropy, low frequency current not penetrating cells, fixed fat free
mass (almost always assumed to be 73% in these cases), etc. In cases where such as-
sumptions are not valid (during hemodialysis, patients with edema, those with heart
failure, pregnant women, athletes, etc.), such techniques ought not be employed.

4. Bioimpedance vector analysis. Referenced early in Section 1.6.4.4, bioimpedance
vector analysis uses both the real and imaginary components of the impedance vector
on a resistance-reactance diagram to probabilistically determine hydration and body
composition status from impedance normalized to the conductor length (heigh in the
case of whole body, the length of a segment in segmental cases). Often a single
frequency is employed (usually 50 kHz) and hydration status and body composition
is determined by where the vector lies within elliptical (sex- or condition-specific)
probability regions reported in the literature. A sizable body of evidence suggests
this approach is useful to compare and individual against the greater population or
against themselves across time [189, 190, 191] for these parameters.
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Figure 3.7: Representative
bioimpedance vector analysis graph.
The impedance vector normalized to the
patient height falls within a probabilistic
region to determine the ratio of fluid to
soft tissues a person has.

Though it was introduced half a century ago
[192] and has seen near continual refinement
since then, total body impedance to assess fluid
volume content remains controversial. For one,
the limbs and digits dominate the measure since
their small cross-sectional areas increase resis-
tance regardless of material composition. Fur-
ther complicating the thoracic contribution are
the continual changes due to respiration and the
cardiac cycle. Though segmental approaches—
wherein portions of the body are measured indi-
vidually and are either compared or summed—
attempt to diminish these issues, standardiza-
tion of electrode placement and type remain
concerns [187, 186].

Body position and habitus greatly influence
fluid volume measurements of this kind because
of the combined contributions of gravity and the
paths available for fluid to travel, respectively.
Anyone wishing to use bioimpedance in these

134



ways must recognize the limitations of such an approach and compensate.

3.2.1.2 Impedance plethysmography: stroke volume and cardiac output

Impedance plethysmography—measuring volume changes via conductance changes—was
famously reported in the literature by Nyboer in 1950 [193]. In this landmark study, small
changes in blood volume in a limb corresponded to measurable changes in impedance, thus
opening vistas of future research into peripheral and central arterial and venous blood flows
to examination via bioimpedance (including my own).

Clinically this has found a foothold in impedance cardiography, a technique in which
the measurement of stroke volume and therefore cardiac output can be calculated by mea-
suring thoracic electrical bioimpedance over time. Regarding the thorax as a simple cylin-
der with a length, L, researchers (starting with Nyboer) describe the change in volume, ∆v

in terms of the change in impedance, ∆Z as

∆v = ρ

(
L

Z0

)2

∆Z (3.28)

where ρ is the resistivity and Z0 is the initial impedance. From this stroke volume, SV was
first defined by Kubicek et al. [194] as

SV = ρ

(
L

Z0

)2(dZ

dt

)

max

· LV ET (3.29)

where
(
dZ
dt

)
max

is the maximum value of the first time derivative of impedance and LV ET

is the left ventricular ejection time (usually estimated from a correspond electrocardio-
graphic measurement). This model corresponds well to a the basic physics of the environ-
ment and is still used widely [195, 196, 197, 198].

However, fluid within the chest moves in a more complicated manner than as a just
a simple cylindrical addition. Measuring from the chest, plethysmographic signals arise
from the filling and emptying of the heart, aorta, vasculature, lungs, and muscles, each of
varying cross-sectional areas and constitutive materials. Moreover, the assumption that all
measured variations in impedance arise from changes in an evenly distributed electrical
field is not fully satisfied in a thoracic cavity with multiple organs with myriad dielectric
properties (recall Table 3.1).

As I have pointed previously (in Chapter 1) and as Grimnes and Martinsen put force-
fully [199], there simply is no gold standard for stroke volume and cardiac output measure-
ments. The simple and low-cost nature of impedance cardiography as a technique appeals
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(a) (b)

Figure 3.8: An example of electrical impedance tomography demonstrating (a) healthy and
(b) unhealthy lungs. The pixel intensities here represent a range-scaled map of electrical
impedance measured across sixteen electrodes along the subject’s chest (represented by
the perimeter of white dots in each image). In the case of the healthy lungs, air (and thus
impedance) is evenly distributed between the front and back of both lungs. The unhealthy
lungs, from a subject under mechanical ventilation undergoing tidal recruitment, show one
lung and one portion of that lung preferentially letting in air. The images of this figured
were generated using data supplied by Drager.

to many clinicians and researchers and I suspect in the future could play a larger role in a
smaller context (for instance, that of wearable medical monitors).

3.2.1.3 Electrical impedance tomography: lung imaging and beyond

Electrical impedance tomography expands bioimpedance signals from their aforementioned
one-dimensional representations to multidimensional images (usually two-dimensional im-
ages played in sequence, though volumetric presentations are also possible) [200]. This has
found a niche in lung monitoring for patients under mechanical ventilation [201, 202] (an
example of which can be seen in Figure 3.8). Work has also been conducted to demon-
strated its applicability for continuous intracranial monitoring to track cerebral edema,
stroke, or intracranial hemorrhage [203, 204, 205].

3.2.2 Proposed use

As we have seen, impedance plethysmographic techniques capable of measuring changes
in blood volume have been frequently used since the 1950s. For the work presented here, a
novel bioimpedance based plethysmographic technique, deemed impedimetric intravascu-
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lar volume evaluation (I2VE), proposes that changes in limb impedance can be treated as a
surrogate of the volume status and responsiveness of a subject. For this to be true a number
of assumptions must hold. Those assumptions are as follows:

1. Changes in conductance over the respiratory cycle are due exclusively to changes
in blood volume present in the limb. All other sources of impedance variation must
be negligible (such as long term tissue development) or separable (such as mus-
cle contractions). Were this initial assumption not satisfied—if impedance values
changed significantly over the respiratory cycle with no respect to blood content in
the limb—this impedance plethsymographic technique would have no bearing.

2. The blood volume changes occurring over the respiratory cycle must be corre-
lated with respiration. Intrathoracic pressures must be able to cause some mea-
surable shift in blood within the vasculature. This assumption is necessary to link
impedance with cardiorespiratory physiology.

3. The respiratory induced variations in blood volume must be measurably differ-
ent. If the changes seen are below the level of sensible difference it would not be
sensible to proceed with the technique.

With these assumptions satisfied we may proceed.
While impedance plethsymography is nothing new, what I believe is unique about this

particular use case is its foundation: an intrinsic link between anatomy and physiology that
yields actionable information for clinical decision making. Surprisingly, perhaps disheart-
eningly so, this is not the case in many instances. By linking the physiology of volume
status (discussed at length in the first chapter) with the measurement of dynamically vary-
ing conductivity in the limb, new and clinically relevant information emerges about the
current state of a subject. Furthermore, by perturbing a subject’s cardiovascular system
with a small respiratory maneuver, the responsiveness to a treatment (such as the infusion
of a fluid bolus) can be immediately gauged.

3.2.2.1 An ideal environment

To model a limb’s vasculature, let us model the entire system as consisting of a single
cylinder with radius r and length L separating an interior dielectric fluid with conductivity,
σ, and a medium of constant conductivity that spreads infinitely in all directions. We are left
with a situation, graphically represented in Figure 3.9, where the conductance, G, inside
the cylinder is

G =
πr2σ

L
(3.30)
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Thereby making the volume
v = GρL2 (3.31)

Assuming that conductivity remains constant throughout16, the change in conductivity is
therefore a reflection of the change in the volume, ∆v, of the cylinder:

∆G

G
=

∆v

v
(3.32)

From equations 3.30 and 3.31 the change in volume in the cylinder simply becomes

∆v = ∆GρL2 (3.33)

From equation 3.33 we can infer two interesting conclusions. The first is that even without
prior knowledge of the original geometry of the cylinder (or even that it is cylinder at all),
we can directly link changes in conductance (or impedance17) to changes in volume. The
second conclusion to be drawn is that to make the measurement as sensitive as possible
the length of the observed sample should be as small as possible. In practice, however,
there is a balance to be struck: an L too large diminishes the effects of the conductance
changes and an L too small can make it difficult to establish a sufficient current density for
measurement.

The results of equations 3.28 and 3.33 indicate that a change in volume is proportional
to the change in conductor present. For either to be utilized, the change in impedance must
be small in comparison to the baseline, which the literature and my personal experience
shows to be true in peripheral limb impedance. The results presented in the following sec-
tions proceed with this model. To account for more complicated and realistic environments
where the assumption of a a simple non-deforming cylinder does not hold (for instance, the
fingers, hands, wrists, thorax, etc.), I have derived the relationship between the change in
impedance as volume from first principles in the section that follows.

3.2.2.2 A more realistic environment

In reality, some situation are a little more complicated: there can be more than a single
vessel’s impedance change to measure; the volume of blood varies with the cardiac cycle,

16Not necessarily a valid assumption for blood given its flow dependent conductivity through the Sigman
effect. The ramifications of this effect is discussed later.

17While measuring either impedance or conductance yields equivalent results, the mathematics makes this
less than obvious. In this case ∆v =

(
1

R+∆R − 1
R

)
ρL2, where R is the resistance. Assuming ∆R ≪ R

this becomes approximately ∆v ≈ −∆Rρ
(
L
R

)2. This result is equivalent to that presented equation 3.28.
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φ(x,y,z), Jφ, σφ ψ(x,y,z), Jψ, σψ

Figure 3.9: A representation of the parameters involved in tetrapolar impedance measure-
ment. Four electrodes, A, B, C, D are placed on a volume, v, with potentials φ and ψ,
current densities Jφ and Jψ, and conductivities σφ and σψ. A bolus of fluid travels from
A to B causing a conductance change, a potential difference, and a measurable impedance
variation across the electrodes.

the respiratory cycle, and with the presence of gravity; and boluses of blood travel in one
direction along the arteries and in the opposite direction in the veins. Beyond that, the
bioimpedance measurements taken on the limb are made with a tetrapolar arrangement
similar to that represented in Figure 3.9 with two outer electrodes injecting a small amount
of current and two inner electrodes sensing potential rather than an non-dimensional bipolar
arrangement assumed in the ideal case. The tetrapolar case has many practical advantages,
most especially the ability to minimize the effects of electrode polarization, but requires us
to move beyond our simple models and turn to lead field theory to fully explain.

Let us consider an arbitrary volume conductor with two electric fields.18 The first,
caused by the application of Iφ to the terminal pair AB, has distribution of potential
φ(x, y, z), a current density Jφ(x, y, z) and a conductivity of the total volume σφ. The
second, caused by the application of Iψ through the terminal pair CD, has a potential dis-
tribution ψ(x, y, z), current density Jψ, and conductivity σψ throughout the volume. From
the divergence theorem19 we may model the current density throughout the entire volume
as ∫∫∫

v

∇ · (ψJφ)dv =

∫∫∫

v

(ψ(∇ · Jφ) + Jφ ·∇ψ) dv =

∮

s

ψJφ · ds (3.34)

and
∫∫∫

v

∇ · (φJψ)dv =

∫∫∫

v

(φ(∇ · Jψ) + Jψ ·∇φ) dv =

∮

s

φJψ · ds (3.35)

18The basis of this formulation can be found in Geselowitz [206] and Lehr [207].
19∫∫∫

v ∇ ·A =
∮
s A · ds
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Since ∇ · Jφ and ∇ · Jψ are both equal to zero and the potential fields are finite within the
volume, these equations reduce to

∫∫∫

v

Jφ ·∇ψdv =

∮

s

ψJφ · ds (3.36)
∫∫∫

v

Jψ ·∇φdv =

∮

s

φJψ · ds (3.37)

Combining equations 3.36 and 3.37 yields
∫∫∫

v

(Jφ ·∇ψ − Jψ ·∇φ) dv =

∮

s

(ψJφ − φJψ) · ds (3.38)

which, by extending the logic of equations 3.8 and 3.11 results in a formulation of
∫∫∫

v

(σψ − σφ)(∇φ ·∇ψ)dv =

∮

s

(ψJφ − φJψ) · ds (3.39)

If the individual conductivities over the period of time over which these fields are applied
are equal (that is g = gφ = gψ) we are left with

∮

s

(ψJφ − φJψ) · ds = 0 (3.40)

which is a convenient result.20

If we now consider a new conductivity, g′ associated with the electrode pair AB with a
corresponding potential of φ′(x, y, z) and current density of J′

φ, equation 3.39 becomes

∫∫∫

v

(σ′ − σ′)(∇φ′ ·∇ψ)dv =

∮

s

(ψJ′
φ − φ′Jψ) · ds (3.41)

Assuming the same current as the initial case, we can then derive
∫∫∫

v

(σ′ − σ′)(∇φ′ ·∇ψ)dv =

∮

s

(φ− φ′)Jψ · ds (3.42)
∫∫∫

v

∆σ(∇φ′ ·∇ψ)dv = ∆φCDIψ (3.43)
∫∫∫

v

∆σ

(
∇φ′

Iφ
· ∇ψ

Iψ

)
dv =

∆φCD

Iφ
(3.44)

∫∫∫

v

∆σ

(
∇(φ+∆φ)

Iφ
· ∇ψ

Iψ

)
dv =

∆φCD

Iφ
(3.45)

20It may also conveniently be expressed as
∮
s ψJφ · ds =

∮
s φJψ · ds if the reader wishes.

140



and from symmetry finally yields an expression for the change in impedance of

∆Z = −∆σ

σ2
0

∫∫∫

v

J′
0 · J′

∆σdv (3.46)

where J′
0 is the fixed lead field at an initial time point t = 0 and with a conductivity of

σ0 and J′
∆σ is the time varying lead field dependent on the change in conductivity, ∆σ.

From this approach, we can see that theoretically it should not matter which pairs of elec-
trodes inject current or sense potential. Moreover, we need not know much about the initial
volume or geometry of the material under examination, we merely need to know how to
attribute the change in impedance to the change in conductivity and current density. Again,
in reality the situation can be a little more complicated than this. Depth, frequency, and
electrode geometry and distance all significantly affect current density and potential gra-
dients in a way that is not addressed here. All the same, this examination demonstrates
that changes in conductance within a volume manifest as impedance changes, providing
the foundation upon which to construct the work that follows.

3.3 Impedimetric intravascular volume evaluation

The volume of and ability to circulate blood within the cardiovascular system comprise
a crucial relationship to monitor for many acutely and chronically ill patients. From de-
hydration to renal failure, from cardiac arrest to heart failure, from sepsis to trauma the
hemodynamic parameters of a patient along the progression and recovery of a disease or
injury is critical for optimal diagnosis and treatment. While many hemodynamic param-
eters can be measured easily for many types of patients (such as arterial blood pressure
and heart rate), volume status remains elusive. Moreover, if and to what extent a patient
responds favorably to fluid therapy is currently difficult to gauge in clinic short of simply
performing the procedure.21

I2VE in this context works by applying a set of electrodes (in either a bipolar or tetrapo-
lar configuration) to a limb (either upper or lower), monitoring the impedance change over
time, and tying a respiratory maneuver induced variation to a baseline value. The maneu-
ver to cause a respiratory induced variation, also called a respiratory challenge throughout,
must result in an intrathoracic pressure difference. As stated in the assumptions of the pro-
posed use (see Section 3.2.2) the changes in limb impedance must correspond to changes
in blood volume which must itself stem from a respiratory challenge which in turn tests the
venous return functions of the cardiovascular system at that time. Thus by perturbing the

21Recall the potential limitations of a fluid challenge in Monitoring of Chapter 1.
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Figure 3.10: A representative spontaneous breathing baseline. Here a range normalized
bioimpedance waveform (solid line) demonstrates two distinct components: a higher fre-
quency and often lower amplitude signal is superimposed upon a lower frequency corre-
sponding to respiration (dashed line).

system, its functioning can be determined.
In spontaneously breathing patients a negative intrathoracic pressure is generated by

the diaphragm of the chest pulling down during inspiration. As the diaphragm pushing
upward expelling air out of the lungs, a positive intrathoracic pressure develops.22 Dur-
ing inspiration, the negative intrathoracic pressure gradient extends through the upper body
and a corresponding negative pressure gradient is established infradiaphragmatically (in
the lower half of the body). This negative pressure gradient causes more blood in the veins
of the upper body (for instance, the limbs) to return to the chest cavity, ultimately emptying
into the heart. The degree to which blood is pulled from the upper limbs is a function of
both how forcefully a person inspires (or expires) and the current venous return capabili-
ties, the latter of which is a direct indicator of volume status. Blood, as a comparatively
good conductor within the environment of the limbs (see Table 3.1), causes a distinguish-
able distinguishable trend to occur as it flows distally in the arteries and proximally in the
veins. All else being equal, increased blood volume within a limb causes the impedance to
decrease and vice versa. Thus, during inspiration when blood is being pulled back to the
center of the body, impedance increases and during expiration the opposite is true. Figure
3.10 demonstrates this via a typical impedance plethysmographic waveform. Note that two
distinct components can be clearly seen: a higher frequency signal rides atop a lower fre-
quency signal. These two signals represent cardiac and respiratory impedance variations,
respectively.

For the spontaneously breathing patient populations tested here, the normal, non-perturbed
breathing signal was treated as the baseline against which the respiratory induced varia-

22In the case of mechanical ventilation, this relationship is reversed. This is discussed further in Section
??.
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Figure 3.11: An example of a bioimpedance waveform collected during forced inspiration.
Two normal breaths are proceeded by four forced breaths (each limited to 20 cm-H2O [2
kPa]). A distinct positive and magnified peak-to-peak amplitude difference can be seen
compared to the normal inspiratory maneuvers preceding them.

tion was compared. In these populations, two forced respiratory maneuvers were applied:
forced inspiration and forced expiration. Forced inspiration tasked the venous system by
drawing a larger volume blood from the upper limbs and pushing a large volume of blood
to the lower limbs than typical respiratory pressures would cause themselves. This in turn
caused the impedance of the upper limbs to increase significantly with inspiration (as seen
in Figure 3.11) and decrease significantly in the lower limbs. Forced expiration had a
somewhat opposite effect: the positive pressure of the chest resisted the venous pressure
gradient, either preventing blood from returning to the chest or causing less blood to do
so. In both instances this results in an increase of blood volume within the limb during
expiration and as such lowers the impedance (as seen in Figure 3.12). Though both types
of forced maneuver test the volume status of the patient, what was often preferred in this
analysis was the forced inspiratory maneuver23 because of its ease of interpretation, its intu-
itive expansion to a simple sniff, and the difficulty associated with obtaining data from the
standard against which tested for the forced expiratory maneuver (discussed in the section
that follows).

I propose that I2VE is the first non-invasive, continuous, and dynamically varying tech-
nique able to accurate gauge volume status and more importantly fluid responsiveness in
both spontaneously breathing and mechanically ventilated patients. To evaluate this hy-
pothesis a series of experiments were designed to compare its performance against a stan-
dard of care (Section 3.3.1). Statistical analysis including receiver-operator characteristic
curves was performed to survey the results (Sections 3.3.2-3.3.4). Finally a series of con-
clusions about I2VE’s success and limitations were arrived at (Section 3.3.5 and 3.3.7).

23I am of course speaking only in terms of the spontaneous breathing patient populations here. The
specifics of mechanically ventilated patient populations are discussed in Section 3.3.4.
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Figure 3.12: An upper limb bioimpedance waveform during forced expiration. Two breaths
outward (each limited to 10 cm-H2O [1 kPa]) have a negative and magnified peak-to-peak
amplitude with respect to the normal breathing baseline preceding them.

The work that follows is the first of its kind, though with any luck I hope it is not the last
word on the matter.

3.3.1 Experimental evaluation

To test any new technique one must compare it to a standard. In section Monitoring of
Chapter 1, I reviewed many of the techniques available to assess volume status and respon-
siveness and a short summary of the facets of these techniques can be found in Table 3.2.
Many were found to be poorly predictive (such as central venous pressure), difficult to im-
plement (such as pulmonary artery occlusion pressure), or not currently verified in many
types of populations (such as pulse pressure variation). Further still, because the goal of
this study was to validate this technique across a broad range of individuals willing and
able to give consent within clinical settings, invasive methods were ruled out entirely, leav-
ing only non-invasive techniques at our disposal. Of those, bioreactance based benchmarks
were ruled out due to the possibility of interference from a separate system also injecting
current into the body. In so paring we are left with only a handful of ultrasound based tech-
niques to compare against and of those inferior vena cava diameter collapsibility has the
most evidence in favor of its use to assess volume status and responsiveness. Respiratory
induced variations of the inferior vena cava also have the added benefit of matching many
of the facets of the I2VE technique (all except continuous acquisition) and thus allowed
for a type of single minimal risk, non-invasive study to be submitted and approved by the
University of Michigan Institutional Review Board, streamlining patient consent and data
collection.24

24Two separate study protocols were used for this research: HUM00067675: Noninvasive Monitoring of
the Critically Ill and Injured Patient and HUM00085550: Assessing Intravascular Volume Status using Limb
Bioimpedance Changes.
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Table 3.2: A summary of relevant aspects of current volume status assessment techniques.
For a fuller examination of these approaches, see the section titled Monitoring in Chapter
1. (CVP - central venous pressure, PAOP - pulmonary artery occlusion pressure, RVEDV
- right ventricle end-diastolic volume, LVEDA - left ventricle end-diastolic area, IVC -
inferior vena cava, BIVA - bioimpedance vector analysis, SVV - stroke volume variation,
PPV - pulse pressure variation, dIVC - change in inferior vena cava diameter, NICOM -
non-invasive cardiac output monitoring, typically referring to bioreactance here, I2VE -
impedimetric intravascular volume evaluation.)

Method Mode Non-invasive Dynamic Continuous
Physical exam - Yes No No
CVP Pressure No No Yes
PAOP Pressure No No No
RVEDV Volume Yes No No
LVEDA Volume Yes No No
IVC diameter Volume Yes No No
BIVA Volume Yes No No
SVV Volume/Variation Yes/No Yes Yes
PPV Pressure/Variation Yes/No Yes Yes
dIVC Volume/Variation Yes Yes No
NICOM Volume/Variation Yes Yes No
I2VE Volume/Variation Yes Yes Yes

The approach of the experimental studies that follow was to utilize single-frequency
bioimpedance measurements of the upper arm over time. Though multiple frequency
spectroscopy has a long history in bioimpedance, for a simple and robust measure of
impedance change over time a single frequency approach was chosen (as is often the case in
impedance plethysmography). This approach assessing dynamic changes in the peripheral
venous volume in response to respiration was then compared to the simultaneous changes
in the inferior vena cava diameter. I and my collaborators hypothesized that these dynamic
respiratory-induced bioimpedance changes in the upper arm would predict IVC collapsi-
bility and thereby gauge volume status.

Three distinct populations were chosen: (1) normal volunteers and not severely ill or in-
jured emergency department patients; (2) patients undergoing hemodialysis; and (3) those
receiving mechanical ventilation in an intensive care unit setting. The first population (nor-
mal volunteers and not severely ill or injured patients) was chosen as a proof-of-concept
stage of investigation. If the proposed technique was not valid for these simpler cases, it
would not bode well for more severe or complicated cases. The second population (patients
undergoing hemodialysis) were chosen because of the large volume changes that occur over
the course of treatment. It was not uncommon for the subjects of this experiment, many of
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whom suffered from sort of kidney failure, to have two, three, or even four liters of excess
fluid removed from their system over the course of a few hours. Tracking these rapid in-
travascular volume shifts with I2VE would prove its validity for a negative fluid challenge
case and presumably would do so for the positive fluid challenge. The third and final popu-
lation (patients receiving mechanical ventilation) represented a case where the intrathoracic
pressures driving the signal would be the reverse of the previous two populations. Of the
three groups, this was the most difficult to thoroughly test given their vulnerable state and
the limits to which changes could be made to the prescribed ventilation routine. Testing
across this broad range of patient populations ought to show where this approach excels
and where it is limited.

3.3.1.1 Patient recruitment and consent

As previously mentioned the protocols used in this research were approved and monitored
by Institutional Review Board of the University of Michigan to uphold medical and re-
search ethics for the benefit, safety, privacy, and well-being of all patients. Before recruit-
ment began within a clinic, physicians and nurses of that clinic were given the opportunity
to be briefed on the study’s details, the equipment in use, and the potential risks and bene-
fits to their patients. Recruiting was conducted with consultation from the nursing staff of
the specific clinic. Non-control subjects for these studies were recruited from the pool of
adult patients (18 years of age or older) already present or hospitalized in the University of
Michigan Health System. Potential subjects were identified by the research team through
either the medical record, their time in the emergency medicine department, their sched-
uled appointment in the dialysis clinic, or their presence in an intensive care unit. Once
identified, subjects were approached in person to obtain consent either from them directly
or through a Legally Authorized Representative. To minimize the effects of possible coer-
cion, emphasis was placed on the ability of the subject to disenroll from the study at any
point for any reason. Subjects or their Legally Authorized Representatives were given a
copy of the research protocol to aid their decisions. Written consent was obtained by a
team member prior to any and all study procedures.

Of special concern were the respiratory maneuvers in mechanically ventilated patients
where the alteration of respiration carries with it a larger risk than in spontaneously breath-
ing subjects. In this case all the respiratory maneuvers were performed and approved by
the respiratory therapy team on a patient-by-patient basis to ensure their health and safety.
Furthermore, if at any point any primary caregiver thought our research protocol might
negatively affect their patients’ outcome, we ceased testing. Though our studies were both
non-invasive and carrying minimal risk, the assessment of the caregiver was held in the
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highest regard.
The list that follows outlines limitations of use, exclusion criteria, and the separation of

data procured by these studies and the clinical decisions made by the treating team. In all
instances both medical and scientific ethics were held in the highest regard so as to meet
the needs to the individual subject examined and for all subjects for whom this data may
one day be relevant.

• Impedance was not measured in limbs arm with either an arteriovenous fistula or
dialysis catheter.

• Patients with pacemakers or other similar embedded electronic devices were ex-
cluded from examination.

• Vulnerable patient populations including prisoners, children, and pregnant women
were excluded from this study.

• A patient may be excluded from examination due to sites of injury or disease pre-
venting measurement (for instance, upper or lower extremity trauma or abdominal
injury preventing visualization of the inferior vena cava with ultrasound).

• Study data was not made available to any members of the treating team.

• No clinical decisions made based on either the ultrasound or bioimpedance measure-
ments except in one extreme case where the life of the patient was thought to be in
danger by the physician.

• Incidental discoveries were reported to the subjects with the advice that they seek
assistance from their primary caregiver.

3.3.1.2 General procedure

Spontaneously breathing subjects were consented, enrolled, an asked to perform a series
of respiratory challenges to the best of their abilities. If a subject experienced any pain or
discomfort during the task that prevented them from continuing, we immediately ended the
examination. Subjects were placed in a supine position and given a series of respiratory
challenges that included at least one of the following maneuvers: (1) normal, spontaneous,
and/or unlabored breathing; (2) an end-inspiratory and/or end-expiratory hold; (3) a forced
inspiration; and (4) a forced expiration. For the forced inspiratory maneuver patients used a
threshold inspiratory muscle trainer device (Philips Respironics, Murrysville, PA,) a small
respiratory adapter that incorporates flow-independent, one-way valve to ensure a constant
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resistance (in this case, between 10-40 cm-H2O [1-4 kPa] in 2 cm-H2O increments). A
similar device (a threshold positive expiratory pressure adapter also by Philips Respiron-
ics) was used to create constant expiratory pressures (between 5-20 cm-H2O [0.5-2 kPa]
in 1 cm-H2O increments). These devices feature adjustable specific pressure settings and
is regularly used in respiratory studies to provide consistent and specific inspiratory and
expiratory pressures regardless of how quickly or slowly patients breathe. Subjects were
instructed to perform the maneuver as many times as they felt they could for a single exer-
cise. Typically two to four of the forced maneuvers could be done in succession before the
subject returned to spontaneous breathing. As discussed in previously, when this was done
an average of the sequence was found and used.

Bioimpedance of the limbs was monitored continuously using a tetrapolar configura-
tion via a Biopac MP150 data acquisition system (Biopac Inc., Goleta, CA) and at least one
EBI100C electrobioimpedance amplifer (also Biopac Inc., Goleta, CA). Of the four elec-
trodes placed on a limb, two current injecting electrodes were placed far apart and between
them two potential sensing electrodes were placed fairly close together (with their centers
<5 cm apart). See Figure 3.13 for an example of this on the arm. This arrangement was
chosen so that the current density induced by the outer electrodes would be uniform across
the region over which the potential was measured.25 A single injection frequency of 50 kHz
was chosen as it is a standard value used for these types of impedance plethysmographic
experiments (as previously noted). Note further that because the impedance change we
hoped to measured was hypothesized to result mostly from blood volume and that blood
experiences no lower frequency (α) dispersions (from Table 3.1) that no unintended effects
out to have arisen. The current injected was limited by the EBI100C amplifier to a nominal
value of 400 µA RMS of a constant sinusoidal signal. Potential was sampled at a rate of
200 samples/second at the two inner electrodes, sent to the data acquisition unit, which
then recorded the value to a computer via AcqKnowledge 4 (Biopac Inc., Goleta, CA).

A standard curvilinear or phased array ultrasound probe was used concurrently to vi-
sualize the inferior vena cava in a subxiphoid view via a commercially available device
(Mindray M7, Mindray North America, Mahwah, NJ). The inferior vena was examined
with patients in the supine position subcostally in a longitudinal view by one of four emer-
gency medicine physicians with special training and credentialing in sonography. Video
clips of the ultrasound (commonly referred to as cineloops) over the length the respiratory
maneuvers (10-15 seconds in length) were recorded and saved in the DICOM format to be
processed via the algorithm presented in Chapter 2.

Bioimpedance monitoring of the limb and ultrasound imaging of the inferior vena cava
25The results of equations 3.33 and 3.46 make this desire pretty clear.
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Figure 3.13: Electrode placement along the upper limb for the I2VE experiments reported
here. Two current injecting electrodes reside near the shoulder and the wrist/forearm and
two potential sensing electrodes were placed closer to each other along the bicep. Image
from US 2015/0031966 A1 and is used for educational purposes.

were performed simultaneously for all respiratory maneuvers.

3.3.1.3 Special considerations for mechanically ventilated patients

Because patients receiving mechanical ventilation are in a particularly sensitive position,
special care was taken to ensure their health and safety. The design of these specific res-
piratory maneuvers was done in consultation with respiratory therapists. The specific ma-
neuvers included (1) non-perturbed mechanical ventilation (no ventilator changes), (2) an
inspiratory hold up to 10 seconds if the subject could tolerate it, (3) an expiratory hold up
to 15 seconds if the subject could tolerate it, (4) a mechanical sigh of 1.5x the tidal vol-
ume, (5) a transient increase of tidal volume to 10 cc/kg for up to 2 minutes if the subject
could tolerate it, and (6) a passive leg raise. Each of these procedures causes a reversible
change in blood volume present in the thorax, the extent and duration of which is procedure
dependent.

None of these maneuvers has been associated with any deleterious effects. In fact, each
has been used clinically to different ends in the assessment of respiratory and hemody-
namic parameters. Inspiratory holds and sighs are commonly used as strategies to recruit
alveoli[208, 209] as a result of the widespread use of low volume lung protective strate-
gies (7-8 cc/kg of tidal volume).[210] Expiratory holds have been used to assess volume
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responsiveness in mechanically ventilated patients with responsive subjects experienced in-
creased cardiac output and those non-responsive patients experiencing no effect.[211, 212]
Transient increases in tidal volume (to 10 cc/kg) have been used to assess volume status via
inferior vena cava disentensibility [68, 70]. As previously mentioned the passive leg raise
maneuver has been used to great effect to produce a reversible, noninvasive fluid challenge
to the central cardiovascular system by increasing venous return. The specifics of this pro-
cedure are outlined in Section 1.6.6.4. All respiratory maneuvers were performed at two
to three minute intervals to allow the patient to return to baseline between challenges. A
physician faculty investigator was present over the course of all trials and all maneuvers
were approved and performed by respiratory therapy team.

Early termination would result if a Legally Authorized Representative revoked permis-
sion, if a member of the care team needed to do a procedure in which the presence of the
study team or its equipment would interfere, if the respiratory therapists deemed that the
patient was intolerant to all respiratory challenges, or if a patient’s vital signs (heart rate,
blood pressure, oxygen saturation, etc.) varied by more than 10% over the course of the
trial.

3.3.1.4 Data and statistical analysis

Raw bioimpedance data for each respiratory maneuver was initially subjected to an iterative
simple moving average26 (three passes through a 20 point moving average) to smooth. To
separate the respiratory and cardiac signals during spontaneous breathing, the data was fur-
ther low-pass filtered (with a corner frequency of 0.6 Hz) to find the respiratory signal. This
portion of the signal was then removed from the all-pass signal to yield the cardiac signal
by the the principle of superposition. Over the course of the respiratory challenge, the peak-
to-peak amplitude of the impedance signal was identified and is reported throughout as Zpp

and is equivalent to the ∆Z of equation 3.28 in this context. Because the individual contri-
butions of the cardiac and respiratory impedance signals are difficult to discern in practice
(forced maneuvers causing frequency contributions at or above the level of the heart rate)
and in theory (separating the arterial and venous components is an as of yet unsolved prob-
lem), Zpp refers to the peak-to-peak amplitude of the entire impedance waveform over the
course of a single breath and not exclusively to either the cardiac or respiratory component

26Defined here and elsewhere as applying to a sequence consisting of M points of x ({xi}Mi=1) to be

si =
1

n

i+n−1∑

k=1

xk (3.47)
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(though the separation and analysis of the two is discussed later).
In this study, Zpp was of two forms and it was their ratio that was the basis of the I2VE

parameter, dZ, representing and scaling the difference in impedance caused by forced res-
piration. The first was a baseline value, Zb, which was chosen to be normal, unguided
breathing in unventilated subjects and the unchanged therapist prescribed settings in ven-
tilated subjects. The second Zpp was one of the forced respiratory maneuvers, Zm, previ-
ously discussed. Since over the course of a single exercise a subject may have performed
the maneuver any number of times, the average Zm value was used in the calculation of dZ
via

dZ =
1

Zb

n∑

i=1

Zm,i

n
(3.48)

where i is the counter variable and n is the total number of maneuvers in an exercise.
Though not used in this analysis, sometimes a change in the magnitude and offset of the
baseline Zpp was observed, defined here as Zb,a and Zbs, respectively. Figure 3.14 shows a
typical example of an exercise with each of these variables listed.

All inferior vena cava measurements in B-mode were made after identifying the point
of maximal collapse, approximately 2 cm caudal to the hepatic vein inlet, using frame-by-
frame analysis to identify the point of maximal and minimal diameter using the algorithm
of Chapter 2. Measuring at this location and in this way has been previously validated both
in our own experience (see Section 2.4.2) and in the literature [159]. The maximum and
minimum diameters were used to calculate the collapsibility index as described in equation
2.110. Although some sonologists have studied M-mode imaging to calculate inferior vena
cava collapsibility and distensibility [154] others have suggested (and I have seen through
personal experience) that respiration, especially forced respiration, results can result in
significant displacement of the IVC which may make M-mode measurements less accurate
[159, 160]. In those cases where the automatic assessment of the ultrasound image via
the methods described in Chapter 2 could not be accomplished, manual examination by a
specially trained and credentialed ultrasound physician was performed.

Ultrasound and bioimpedance data analysis was performed without prior or simultane-
ous knowledge of their results. Once all necessary measurements were made the two could
be compared. To test the direct relationship of dZ to the caval index, dIV C, a nonlinear
least squares regression was performed (via a Trust-Region algorithm) on the entire set of
data to a function of the form

dIV C = A ln

(
Zm

Zb

)
+B (3.49)
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Figure 3.14: A typical impedance waveform observed before and after a forced respira-
tory maneuver demonstrating each of the the I2VE parameters: the baseline peak to peak
impedance change due to spontaneous breathing, Zb; a series of forced inspiration causing
individual amplitude changes, Zm,1−3; a potential change in the baseline amplitude after
the maneuver, Zb,a; and a possible baseline shift, Zbs, increasing the impedance minimum,
distinct from the amplitude change. The I2VE parameter, dZ, may be calculated from
equation 3.48. Note that Zb here is shown as a single wave for convenience. In reality the
unperturbed breathing baseline is an average value of many waveforms.

where A is the slope of the line and B is the offset at dZ = 0.
Receiver operator characteristic (ROC) curves for single and multiple thresholds were

used to evaluate the diagnostic performance of the technique. That is, to assess the accuracy
of I2VE to discriminate fluid responsiveness from non-responsiveness, the true positive
rate, known as sensitivity, was plotted as a function of the false positive rate, represented as
1-specificity. In general, the area under this curve is a measure of how well the diagnostic
technique is and in our case represents how well I2VE predicts volume status. An area
under the curve (AUC) equal to 1, indicates a perfect ability to distinguish true positives
from false positives, such that an incorrect positive prediction never happens.27 For single
threshold detection, the value of dZ was used to predict whether a dIV C would lie either
above or below a threshold of collapse (for instance, to evaluate how well dZ is able to

27For a system with two choices (say, heads or tails), random guessing would yield an AUC equal to 0.5
by producing a diagonal line from the origin to 1 in the ROC graph. This line, known as the line of no-
discrimination, is about as poor as a predictor can get and why coin flips for medical diagnosis should be
avoided.
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predict dIV C > 40%, relevant for fluid responsiveness [72].) For the multiple threshold
detection, dZ was used to predict whether a value was below a lower bound or above an
upper bound (for instance, dIV C < 30% vs. dIV C > 50%). When the lower and upper
bounds are the same, the multiple threshold analysis is the same as the single threshold
analysis. In all cases, the AUC was treated as the measure of diagnostic accuracy.

Since this study was not a traditional outcome testing study, it is not possible to deter-
mine a discrete power. However, a population of greater than 30 subjects with complete
data in each case was deemed sufficient by the team (including a member who is a biostatis-
tician) to test the hypothesis that bioimpedance is a suitable surrogate for inferior vena cava
collapsibility. Furthermore, the three populations were targeted to provide sufficient expo-
sure to a range of dynamic changes in physiology and therefore enough signal variance to
utilize the above stated techniques.

3.3.2 I2VE of control and hospitalized subjects

The first test of feasibility for this technique was performed on spontaneously breathing
subjects of two types: normal “healthy” volunteers recruited from the general population
and non-critically ill patients present in the emergency room. Given the focus of this first
study, the correlation of limb impedance to inferior vena cava diameter, the two populations
were not considered separately as there was no reason to believe the cardiovascular or
pulmonary functioning of the two were distinct. And indeed the team’s observations bore
this out. A total of 40 subjects were enrolled for this study. However, the inferior vena
could not be imaged on two patients and their results were excluded. Of the remain 38
subjects, the demographic breakdown was as follows: 20 were male, 18 female; 25 were
white, 8 were black, and 6 were Asian; the average age was 41.2 years with a standard
deviation of 20.2 years; and the average weight of the subjects was 75.0 kg with a 18.2
standard deviation.

The results of this population can be seen in Figure 3.15. Figure 3.15(a) plots the caval
index, dIV C, against the change in impedance caused by the forced maneuver normalized
to the baseline, dZ. A mild positive linear relation was observed (R2 = 0.58) for the linear
regression model dIV C = 29.7 ln (dZ) + 32.9. Figure 3.15(b) shows single threshold
ROCs for dIV C collapses from 20-100% with AUCs in these instances varying from 0.84
to 0.97. The AUC of each collapse from 20-100% in 1% increments can be seen in Figure
3.15(c). A peak AUC (of 0.971) with a single threshold can be seen at 40%. The AUC of
the ROC curves found via multiple threshold analysis is plotting as a function of lower and
upper collapse thresholds in Figure 3.15(d).
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Figure 3.15: The results of the volunteers and emergency room patients: (a) inferior vena
cava diameter collapse vs. impedance change from baseline; (b) ROC curves of several
single threshold tests; (c) area under the ROC curves for every collapse threshold observed
(20-100%); and (d) area under the ROC curve as a function of the lower and upper bounds
of the multiple threshold analysis.
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Though there is a correlation between dZ and dIV C, it was not as great as one might
have hoped. That is, one can not simply declare that a certain impedance value, even if
normalized to a baseline, corresponds directly to an inferior vena cava diameter. However,
when determining whether dIV C is above or below some threshold, great predictive power
was observed, even at a single threshold. The I2VE technique yielded an area under the
ROC curve equal to 0.971 at 40%. This result matches well with that reported by Muller et
al. [72] as the index of high sensitivity and with Barbier et al. [154] as the average value
of inferior vena cava collapse for volume responsive subjects (true of this population). One
of the most striking results is the technique’s ability to distinguish results below a lower
threshold and above an upper threshold. In many cases AUCs of 1 were observed. Of
particular diagnostic importance is the resolving power seen with lower bounds between
20-40% and upper bounds of >40%, as this a region known to indicate volume response
and responsiveness.

3.3.3 I2VE during hemodialysis

Believing that the results of the previous section boded well, it was then necessary to test
I2VE’s ability to monitor rapid intravascular volume shifts. To do so, a population where
large, controlled volume shifts were performed regularly was chosen, namely subjects re-
ceiving hemodialysis. A total of 52 patients undergoing hemodialysis as a course of treat-
ment were consented, enrolled, and evaluated. Of those, the inferior vena cava could not
be visualized in five people, and thus only 47 were evaluated to completion for the results
presented here. The demographics of this population were as follows: 28 were male, 19 fe-
male; 24 were white, 21 were black, and 2 were Asian; the average age was 58.1 years with
a standard deviation of 12.2 years; and the average fluid removed as 1.9 L with a standard
deviation of 0.9 L.

Subjects were evaluated “before” and “after” dialysis, here defined to be within half an
hour of the start and end of treatment, respectively. Figure 3.16 shows the relationship
between the inferior vena cava collapse and the natural log of the impedance changed
normalized to a spontaneously breathing baseline both (a) before and (b) after dialysis.
A linear regression model was fit for both distributions producing a model of dIV C =

35.9 ln(dZ) + 16.2 for the pre-dialysis population and a model of dIV C = 41.1 ln(dZ) +

13.8 for the post-dialysis population. No statistically significant difference in these models
was observed (p = 0.15) as a function of time.

As a check on using inferior vena cava collapsibility as a standard against which to
evaluate the large volume shifts of hemodialysis, I analyzed its dimensions for each subject
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Figure 3.16: Inferior vena cava diameter collapse vs. impedance change from baseline
(a) before and (b) after dialysis. Both the before and after measurements show moderate
correlation (R2 values of 0.664 and 0.657) for their linear regression models of dIV C =
35.9 ln(dZ) + 16.2 and dIV C = 41.1 ln(dZ) + 13.8, respectively.

under normal breathing conditions before and after dialysis and found they changed signif-
icantly (as determined by a paired, one-tailed t-test in all cases): the maximum diameter
went from 17.7(7.4) mm to 15.2(7.7) mm (p = 0.0002); the minimum diameter decreased
from 13.0(9.1) mm to 9.75(8.9) mm (p = 0.0001); and dIV C increased from 41.2(32.3)%
to 52.4(34.0)% (p = 0.002).28

ROC curves evaluating the sensitivity and specificity of the I2VE parameter, dZ, for
a subset of single thresholds of inferior vena cava collapse (10%, 30%, 50%, 70%, 90%)
before and after dialysis are shown in Figure 3.17(a) and (b). In both cases, the extrema
have the lowest resolving power (10% and 90% both before and after have AUCs of 0.88
and 0.93), while the peak accuracies lie somewhere in between (at 50% before (AUC =
0.98) and at 70% after (AUC = 0.96) in this figure).

Figure 3.18(a) and (b) shows the AUC of each ROC curve for collapse thresholds from
10-100% before and after dialysis. Here, as in Figure 3.17(a), a peak at 0.98 exists at the
50% collapse threshold in subjects before dialysis. After, two potential peaks of 0.975 and
0.959 appear at 33% and 61%, two possible regions of high accuracy in this population. In
both situations, the AUC of the ROC curve is ≥0.90 for collapse thresholds greater than

28Though a few researchers have performed similar studies [213, 214] in hemodialysis settings, this tech-
nique is not a current standard, and thus this check was useful to validate our intuition.
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Figure 3.17: Example ROC curves of five thresholds of inferior vena cava collapse (10%,
30%, 50%, 70%, 90%) (a) before and (b) after dialysis. Areas under the curve in these ex-
amples ranged from 0.88 to 0.98 before dialysis and from 0.88 to 0.96 after, demonstrating
good predictive power in both scenarios.

20%.
Using dZ to distinguish between lower and upper thresholds of inferior vena cava col-

lapse before and after dialysis produces the results seen in Figure 3.19. Pre-dialysis, a large
portion of the collapsibility space marked off by the region encompassing lower thresholds
from 10-60% and upper thresholds from 30-100% has AUCs of ≥0.95, with a signifi-
cant subset equal to 1.00 (for example, 20% vs. 50% and 40% vs. 70%). An interesting
phenomenon can be seen in the post-dialysis population where two distinct regions—one
bounded by a 10-36% lower threshold and 34-100% upper threshold, the other bound a
10-60% lower threshold and 60-100% upper threshold—each exhibit higher accuracy (as
measured by AUC) than those thresholds lying outside those bounds. Indeed, those col-
lapse thresholds within the overlapping regions from the 10-36% lower limit and 60-100%
upper limit have AUCs equal to 1.00.

Figure 3.20 shows the combined results of all subjects pre- and post-dialysis. The linear
regression model fit to the total data (seen in Figure 3.20(a)) was found to be dIV C =

38.08 ln(dZ) + 15.48 with a moderate correlation coefficient, R2 = 0.69, slightly higher
than either the pre- or post-dialysis results. Figure 3.20(b) shows ROC curves testing the
accuracy of the I2VE parameter, dZ, for a subset of single inferior vena cava collapse
thresholds (10-90%). The trend here is similar to that observed in Figures 3.18(a) and (b)
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Figure 3.18: Area under the ROC curves for collapse thresholds from 10-100% in subjects
both (a) before and (b) after dialysis. A peak of 0.979 was observed at 50% collapse before
dialysis, while two potential peaks of 0.975 and 0.959 appear at 33% and 61% after.

(a) (b)

Figure 3.19: Areas under the ROC curve as a function of the lower and upper collapse
threshold (a) before and (b) after dialysis. Large sections of both graphs show AUCs greater
than 0.99, with the extrema seeing the lowest values (still above 0.85 in all cases before
dialysis and above 0.88 in all cases after).
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where extreme values of collapse produce ROC curves with the lowest AUCs (in this case,
for a low of 0.865 at 10%), while the peak (of 0.968 at 30%) resided in between. In point
of fact, as can be seen in Figure 3.20(c), the peak AUC of a single threshold occurs at 33%
with a value 0.954. The multiple threshold analysis of Figure 3.20(d) shows a region a
high AUCs (≥0.95) extending from the lower boundary of 0-33% collapse to the higher
boundary of 33-100% collapse.

The total results encompassing both the pre- and post-dialysis scenarios suggest I2VE is
particularly suited to distinguish between inferior vena cava collapses above or below 33%
and to characterize the extent of collapse on either side of this threshold with remarkable
fidelity. That this value so aligns with the average found in the spontaneous breathing
population of Section ?? should not go unnoticed. In fact, resolving down to the tenths of
a percent for collapse indicates the true peak AUC occurs at 33.4% with a value of 0.972,
which is only 0.2% lower than that reported by the algorithm on the 47 subjects of Section
??. Though this agreement at this level of precision may be coincidental, the physiological
relevance is likely not.

3.3.4 I2VE in mechanically ventilated subjects

Mechanically ventilated subjects were chosen to test the efficacy of I2VE in intensive care
setting. A total of 42 patients receiving positive pressure ventilation as a course of treatment
were consented to be a part of this study. Because of the sensitive nature of the population
to respiratory exercises and some difficulties obtaining views of the inferior vena cava, only
31 subjects had complete data sets to review and it is those that are presented here. Caution
should be taken when interpreting these results as there is an inherited selection bias from
this paring. Mindful of these limitations, I believe this data is valid enough to report here.

Adding to the difficulties of validating I2VE within this population, positive pressure
ventilation inverses the relationship between inferior vena cava diameter and respiration.
Instead of collapsing during inspiration, the inferior vena cava distends, since a breath is
pushed into the lungs, instead of pulled by a patient. Therefore a more appropriate measure
of the caval index in this case is to normalize the difference in diameters with respect to
the minimum (rather than the maximum, as was the case in the spontaneous breathing
population trials). To this end, I define the positive difference in the inferior vena cava,
pIV C as

pIV C =
Dmax −Dmin

Dmin
(3.50)

where Dmax and Dmin are the maximum and minimum diameters of the inferior vena cava,
respectively. Thus defined, Figure 3.21(a) shows the relationship between pIV C and dZ.
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Figure 3.20: The total results from patients receiving hemodialysis (both before and after
treatment): (a) inferior vena cava diameter collapse vs. impedance change from baseline
(showing moderate correlation (R2 = 0.69) for its linear regression model of dIV C =
38.08 ln(dZ)+15.48); (b) ROC curves of several single threshold tests (with AUCs ranging
from 0.87 to 0.95); (c) area under the ROC curves for collapse thresholds from 10-100%
(with a peak value of 0.968 at 33% collapse); and (d) area under the ROC curve as a
function of the lower and upper bounds of the multiple threshold analysis (with the region
between the lower thresholds of 10-30% and upper thresholds of 30-100% yielding the best
results (AUCs >0.95)).
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Figure 3.21: The total results from patients under mechanical ventilation: (a) inferior vena
cava diameter distension vs. impedance change from baseline (showing moderate corre-
lation (R2 = 0.57) for its linear regression model of dIV C = 62.15(dZ) − 47.49); (b)
ROC curves of several single threshold tests (with AUCs ranging from 0.73 to 0.99); (c)
area under the ROC curves for distension thresholds from 1-100% (with a dip to 0.67 at
the 6% threshold); and (d) area under the ROC curve as a function of the lower and up-
per distension bounds with AUC increasing as a function of increasing of the upper limit
threshold.
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With a median inferior vena cava distension of less than 15%, very little variation was
observed and is quite clear in this figure, where the lower end of the range outweighs the
higher end in sample density. This result carries over to both Figures 3.21(b) and (c) where
the resolving power of the technique is weakest at the lower range of pIV C. Likewise,
this trend carries over into the multiple threshold analysis where the area under the ROC
curve increases predominantly as a function of the upper limit. Whether this is an actual
predictive function or one merely caused by an imbalanced sample must yet be determined.

3.3.5 A few limitations of I2VE

Though I believe I have demonstrated impedimetric intravascular volume evaluation’s un-
precedented capabilities—non-invasive, dynamic, and continuous volume status monitor-
ing with a higher correlation to inferior vena cava collapsibility than any other technique
reported in the literature—as currently reported, a few limitations exist.

The first stems from the use of inferior vena cava collapsibility itself as a standard
against which to compare. Though I feel justified in having used this approach (and those
justifications can be seen in Section 3.3.1) given the other options, I have my reservations
on its direct applicability to I2VE. One of my key concerns, as of yet unaddressed in the
field, is the normalization of collapse to a maximum diameter without accounting for what
that diameter on its own might indicate. As an example an inferior vena cava diameter
going from 20 mm to 10 mm produces the same collapsibility as one going from 10 mm
to 5 mm, though if occurring within the same person represent two different physiological
states. This was not an uncommon occurrence, especially in hemodialysis subjects where
the venous system may have been abnormally distended from volume overload. A rela-
tive scaling coefficient to normalize the range or using two parameters to characterize the
diameter and its change over time could possibly be used to correct for this.

A similar critique can be made of my normalization of the forced maneuver to a normal
breathing baseline. Patients with large peak to peak amplitudes during normal respira-
tion as a result of pre-existing volume depletion are unlikely to evince significantly larger
amplitudes in response to a forced maneuver. The converse is always true as in the case
massively overloaded patients whose peak to peak impedance amplitude during normal
and forced respiration is exceedingly small. That is, when volume status is already at an
extreme minimum (and inferior vena cava collapse is at 100% through much of the res-
piratory cycle) or an extreme maximum (and the inferior vena cava barely wavers from
its maximum diameter), respiratory perturbation might not manifest in a measurable way
(thus violating the third assumption of Section 3.2.2). One way to correct this may be
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to implement one of my suggestions for the inferior vena cava diameter characterization,
though to do so, one must decide how they will treat the respiratory and cardiac compo-
nents of the signal—separately or as part of a total signal. The reasons for doing so are
twofold. First, the cardiac signal comes from the arterial side of the cardiovascular system
and the respiratory signal comes from the venous side and are thus reflect and are affected
by volume status in different ways. Second, the proportion of the cardiac component is not
constant across subjects and vary wildly in my investigations from 5-90% of the overall sig-
nal (though typically residing close to 10-20%). As such future normalization, scaling, or
measurement ought to account for the presence and proportion of the cardiac component.29

One final limitation to the technique more broadly is the need to perturb the system to
gauge the volume status. Although several traditional respiratory maneuvers could be used
(such as the valsalva or a sniff) in many settings, there are situations when the information
would be useful but difficult to obtain (such as when a patient is sleeping or during an
emergency). Choosing a different baseline against which to scale the dynamic respiratory
changes could allay these needs.

3.3.6 Other observations

Even with the addition of I2VE as demonstrated in the previous sections, the full extent of
impedance plethysmographic techniques for hemodynamic assessment has been far from
wholly realized. Aside from the simple yet fundamental ability to measure vital signs
such heart rate and respiratory rate, I have observed many other phenomena during my
investigations worth future exploration (as outlined in Section 3.3.7). Two such phenomena
that I have seen in enough detail are reported below. The first, the arterial component of
the signal, has been utilized by other researchers for decades, though not to the extent I
would call for. The second, the depth and rate of respiration as measured via impedance
plethysmography, has not to my knowledge been documented elsewhere.

3.3.6.1 Arterial contributions

Let us recall that the impedance plethysmographic waveform represents the changing vol-
umes of conductors within an limb and that over a short period of time blood volume
changes are the most significant. For I2VE, an emphasis was placed on the venous contri-
bution because of its role in intravascular volume assessment, which manifest prominently

29Because this technique relies on the change in impedance and that to be valid that change must be small
relative to the total impedance value, the actual impedance value does not matter. This is convenient since
electrode type and placement can affect the total value via an offset, but does not in most cases scale the
difference.
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Figure 3.22: The arterial and venous components of impedance plethysmography. (a) The
original signal and the respiratory signal, the latter of which represents venous blood move-
ment. (b) The cardiac signal of impedance separated from the original and respiratory
signals. Note the relative amplitude is approximately ±10% that of the total signal. (c)
The first order derivative of the cardiac impedance signal over time, an approximate stroke
volume over time measurement.
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in the respiratory signal. However, as can be seen in Figure 3.10, a cardiac variation was
observed, likely stemming from an arterial contribution.

Figure 3.22(a) shows another typical impedance waveform equivalent whose arterial
contribution was separated from the respiratory signal in Figure 3.22(b). In this latter fig-
ure was found by subtracting the respiratory signal from the original signal, producing an
impedance over time graph of the cardiac signal. Taking the first order derivative, as inti-
mated in equation 3.29, yields a tracing of the change in impedance as a function of time,
∆Z/∆t in Figure 3.22(c), a measure of cardiac output [195, 215, 197].
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Figure 3.23: Representative arterial wave-
form found via impedance plethysmography
by taking the first order derivative of the car-
diac signal. Characteristic features seen in
other arterial monitoring methods, such as
systolic uptake, systolic decline, and the di-
crotic notch are present here.

Isolating an individual heart beat, as
shown in Figure 3.23, we can see the
∆Z/∆t waveform’s similarity to other ar-
terial measures such as stroke volume and
pulse pressure. Such important diagnos-
tic features as systolic uptake, peak systole,
systolic decline, the dicrotic notch, and di-
astolic run off are all present in the or-
der and magnitude one would expect (note
the resemblance to the aortic pressure sig-
nal in Figure 1.3). As such, one could
possibly leverage the large body of arte-
rial waveform analysis to further extend the
studies presented here, possibly even stroke
volume variation methods (such as those
discussed in 1.6.6.1). Moreover, if the
constraints of the monitoring environment
were adequately accounted for, stroke vol-
ume could be assessed accurately in combi-
nation with the heart rate, quantifying car-
diac output to the limb (see Figure, 1.4).

Though such an approach has been implemented several times for thoracic impedance,
I have seen no study of the peripheral equivalent. I discuss the ramifications of such a
measure in Section 3.3.7.

Although the results reported here used non-perturbed breathing exclusively as the
baseline against which to compare the respiratory maneuver, some initial study on my part
suggests that to me the arterial component of signal could be used in its place.
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Figure 3.24: Impedance over time of a sleeping, snoring patient. The subject takes a series
of large and rapid breaths before settling down towards a shallow breathing baseline, only
to start the cycle anew.

3.3.6.2 Respiratory function
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Figure 3.25: Decreasing respiratory rate as
measured from the second half of Figure
3.24. Being able to track the breath to
breath accuracy with impedance could open
up many potential avenues of research.

Given that the reliance of I2VE on respira-
tion, it should come as no surprise that res-
piration itself can be monitored well. Both
the frequency and intensity of breaths af-
fect intrathoracic pressure which in turn al-
ters venous return, itself able to be tracked
via I2VE. Figure 3.24 shows the impedance
plethysmographic tracing of a sleeping in-
dividual whose breathing becomes more
shallow over time, causing them to take a
series of deep inspirations to recover before
settling back to shallow breathing. This
pattern continued for nearly an hour and a
half for this particular individual (this was
during their dialysis treatment), periodi-
cally settling into a stable breathing rhythm
before lapsing into it again.30 Tracking the
respiratory rate from the breath to breath
extrema, as seen in Figure 3.25, shows the
steady decrease in the rate after the initial
deep inspiration to the shallower. Thus, this example showcases the unique ability of
impedance plethysmography to track the presence, extent, and rate of respiration, making

30The teams’ notes indicate that this patient was snoring heavily during the times this was recorded.
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possible the detection of variety of breathing states from eupnea to apnea, from hyperpnea
to hypopnea.

3.3.7 Conclusions and the goals of future work

In this chapter I hope to have convinced the reader that impedimetric intravascular volume
evaluation, a bioimpedance based technique that treats the peripheral vasculature as an ex-
tension of the inferior vena cava, can detect the intravascular volume status and responsive-
ness of a patient with unprecedented levels of accuracy, unobtrusiveness, and ease. Four
electrodes placed on an upper limb with the right combined physiological and signal pro-
cessing approach have yielded better results than every other technique outlined in Chapter
1, with AUCs for ROC curves well above 0.95 in the vast majority of scenarios. Such a
degree of precision for a continuous and non-invasive volume status monitor has not to
this point been shown in the literature, though the clinic is in desperate need of just such a
method.

We have, however, seen that some edge cases—those of massive overload, volume de-
pletion, or where the cardiac signal may dwarf the respiratory signal—could potentially
pose problems for I2VE in the future if unperturbed breathing is alone treated as the base-
line against which to scale forced respiration. I have suggested a number of ways to solve
this including normalizing the cardiac signal or choosing a multi-parameter measure (and
thus a new normalization framework). Whether these are effective remain to be seen. How-
ever, the greatest sensitivity and specificities results are around the areas of interest for con-
ditions such as intradialytic hypotension and its ilk, and thus might be sufficient as is for
many clinical applications.

The final results I have shown demonstrating the ability to reproduce the arterial wave-
form point to a future implementation wherein both cardiac output and venous return could
be monitored via a single device to find the actual operating point of the heart (Figure 1.5)
for the first time. Combined with a respiratory monitor capable of gauging not only the rate
but the intensity of respiration, and one would have a device capable of measuring nearly
ever vital sign physicians currently look to as a matter of standard practice. An all in one
medical monitor has been the dream of many engineers and researchers. In the chapter that
follows I hope to show at least a rough outline of what I suspect such a device might look
like.
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CHAPTER 4

Wearable bioimpedance monitoring

Health lies in action.

Will Durant, Fallen Leaves

4.1 The rise of wearable monitoring

Electronics have gotten ever smaller, their capabilities ever greater. The simultaneous rise
of wireless communication with the miniaturization of computation has led to a boom
throughout many industries to create small, portable, powerful devices. Among those de-
vices are a broad range of sensors from the chemical to the optical, from the mechanical to
the electrical. These sensors often enable faster and more accurate measurements than their
larger more energy-hungry predecessors. We can measure more signals in more places than
ever before. And those of our physiology are no exception.

I believe it is my job as a biomedical engineer to the meet the needs of the patient when
and where they have them. To that end, the last part of my work was to develop a wearable
monitor to measure the intravascular volume status of a person building atop the foundation
laid by the previous two chapters.

4.1.1 Biomedical signals in context

Physiology happens beyond the bedside. How our bodies work and fail is often a function
of how and where they find themselves in the environment. Sedentary lifestyles, air pol-
lution, the weather, what one ate a week ago, many factors lie within an individual’s slice
across this world. Traditionally, however, the only picture a caregiver could paint of the
patient before them were their medical signals at the bedside and the record of such signals
scattered as lone islands in a subject’s history. Recent developments have begun to bridge
these islands, to provide fuller palettes. My work here seeks to do both: to measure an
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untapped signal continuously for long term evaluation. First, it may help to see where this
signal, intravascular volume status, finds itself among the current state of the art.

4.1.1.1 Vital signs, vital signals

Among the many medical measurements at our disposal are the so called vital signs, met-
rics of essential body functions. The four standard vital signs are temperature, heart rate,
respiratory rate, and blood pressure. These are measured in myriad ways— through ther-
mistors, electrodes, advanced optics, piezoelectrics, syphgmomanometers—and, thanks to
the rise of low power, low profile electronics, in myriad places. A large and growing in-
dustry of commercially available devices for hospitals and consumers able to track one or
more of these signals has sprung up in the past decade due to a confluence of factors. On
the medical side the positive impact of outpatient care couple with the widespread avail-
ability of telecommunication has enabled patients to return home earlier, while monitored
more closely after initial discharge from a care center (when many complications from pro-
cedures or missed problems first arise). This has been matched on the consumer side by
the growth of quantified self initiatives and the Internet of Things where the desire to know
more about ourselves and to have our products act upon that knowledge has spawned the
rapid growth of many industries just across my short graduate school tenure.

Of those advanced wearable health monitoring devices, few measure more than two
of these signals (usually temperature and heart rate). The respiratory rate will likely be
the next frontier for fitness trackers. Since most of these trackers already use photoplethys-
mography to track the heart rate and since respiration can be detected by such means (recall
Figure 1.13 in Chapter 1)1, this would be an obvious next step. In fact, I suspect there are
researchers in some companies working on this problem as this dissertation goes to print.
A review of blood pressure monitors, however, quickly reveals that a technique beyond the
sphygomanometric or the piezeoelectric is needed for to make a wearable, non-obstructive
monitor of this signal a reality. Again, I suspect a photoplethysmographic approach of
such a measure (via waveform analysis) will be the manifestation we see in clinical and
commercial practice. Moreover, I would imagine a company that could accurately measure
all four in a wearable and durable package will find a large market for its wares in both
consumers and health systems.

1One may also detect respiration via its effects in varying the heart rate.
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4.1.1.2 The fifth vital

To these four is often added a “fifth vital” to give a fuller portrait of a patient’s prognosis.2

Depending on the context of implementation, such supplementary vitals have included oxy-
gen saturation [216], pain [217], and spirometric pulmonary function [218]. Each of these
methods, though useful, are useful only to an extent. Taking these signs in reverse order,
we might be immediately struck by the obvious limitation of pulmonary function as a vital
sign: one must breathe to make it. Though the opinion paper suggesting its use believed that
the instantaneous assessment of airflow obstruction could aid in clinical decision making,
little to no research has shown its influence on patient management or improved patient
outcomes [219]. Though many of individual parameters of spirometric testing helpfully
assess many conditions (asthma, chronic obstructive pulmonary disease, cystic and pul-
monary fibrosis, etc.), spirometry itself as an indicator of whole body functioning at the
level of the other four vital signs is not sufficient.

Pain is perhaps most consistently cited as the “fifth” vital. Spearheaded by the Depart-
ment of Veterans Affairs in the 1990s [220], pain management as a guide for therapy has
been implemented internationally for over decade now. With roots entrenched from the
beginning of modern medicine (“First do no harm.”), the impetus to treat pain as a vital
sign stems from the belief that physicians act on vitals and would therefore be more in-
clined to treat and manage pain more effectively if elevated in status. Unfortunately, there
is evidence that suggests the measurement of acute and chronic pain does not improve pa-
tient outcomes nor improve the quality of pain management [221, 222]. The subjectivity of
pain—its multiple facets, its complex manifestation, our poor articulation—make acting on
its presence and absence difficult. Without quantification, pain as a signal whose progress
physicians can track and modify to guide treatment is uncertain.

Oxygen saturation has also seen considerable support as the fifth vital [216] and is
perhaps most deserving of the title. Quantifiable, measurable, non-invasive, and objective,
it satisfies many conditions that pain does not. For all those benefits, though, it still has a
few detraction. First of all, oxygen saturation is only a surrogate for the physiologically
more meaningful arterial partial pressure of oxygen (PO2). Nor can it estimate any other
blood gases (such as PCO2) or pH. Moreover, in healthy subjects oxygen saturation is
nearly always at or near 99%, and thus may not attract the attention of consumers interested
in monitoring their own health.3

2Researchers have thus far branded sixth and even seventh vital signs, though they have not seen main-
stream adoption.

3As silly as it may sound, dynamically varying data likely spurs more interest than invariant data. After
all, there is a reason we do not measure our heights from day to day, even during our fastest growth spurts.
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Other medical signals that are useful though not vital and commonly recorded in spe-
cific situations include actigraphy, blood glucose, electrocardiography, electroencephalog-
raphy, electromyography, and galvanic skin response. Each has a wearable manifestation
on the market with a varying degree of accuracy and success. A list of these signals, in-
cluding my own impedimetric intravascular volume evaluation, can be found in Table 4.1.

I would like to propose intravascular volume status as another in the field of fifth vitals.
It is an independent, actionable, and measurable signal that reflects the overall well being
of a person. It is vital to health and reflective of disease. If any sign deserves its place
among the vital parthenon, may it be this.

4.1.2 The potential role of bioimpedance

Bioimpedance, as shown in the previous chapter, is uniquely suited to easily measure a few
of the vitals, including my proposed new vital, in a highly detailed fashion. High quality
reconstruction of the arterial waveform easily tracks the heart rate while the respiratory
rate (and magnitude) is seen in the venous shifts of blood. There is even evidence to
suggest the arterial waveform itself is indicative of blood pressure [223, 224, 225], and
would thus leave only temperature to be added. Taking advantage of both the electrical
and the chemical, the anatomical and the physiological, bioimpedance in the right context
can reveal far more about the inner workings of a person than many other comparable
modalities. Thus, I contend that bioimpedance ought to play a role in the future of wearable
biomedical monitoring.

Limb impedance satisfies what I consider to be the three critical conditions for a contin-
uously monitored signal: it is universal, unobtrusive, and meaningful. By universal, I mean
that everyone has blood and cells, tissues and fluids, enough ionic solutions and dielectric
materials throughout their body such that everyone is able to be measured. Furthermore,
those measurements can be made without obstructing the habits of the user. All that is re-
quired are a few points of electrical contact, which may be accomplished through adhesive,
dry, or textile electrodes. Finally, the results it yields are meaningful in that they reflect cur-
rent bodily functions, suggest clinical options, and can track the progress changes (as was
the case in the dialysis study of Chapter 2). With each of these conditions fulfilled, I feel
justified in having pursued a wearable device to continuously monitor the limb impedance
of a person, as detailed in the sections that follow.
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4.2 A wearable bioimpedance monitor

To extend the results of the physiological investigations presented in Chapter 3 to more
environments, I attempted to design and create a small, low-profile device that could mea-
sure bioimpedance as accurately as a bedside monitor.4 Put simply, such a wearable device
had merely two functions: to measure the impedance of an object and to communicate that
result. Priorities were placed on ensuring that this acquisition and communication could
be done in real time and in as many different scenarios as possible. As such, we sought to
develop a device capable of rapidly measuring impedance with different electrode configu-
rations (both bipolar and tetrapolar), different electrode positions (wrist, arm, leg, etc.), and
communicate via a wired or wireless protocol. Furthermore, we wished to do so with more
mobility than current benchtop and bedside monitors afford. Hence, we sought to design a
wearable research platform for monitoring bioimpedance in as many places and in as many
ways as someone could hope for.

In fabricating such a wearable, I hope to join those in the philosophy that physiology
does not happen within the hospital or the home but within the patient, where ever they
may rome.

Figure 4.1 presents a simple block diagram outlining the high level operation of the
I2VE wearable. Again, because the point of this device is merely to measure the impedance
of an object and transmit that data for researchers to review, two dominant wings flank the
processor in this figure. The first (on the left) demonstrates the impedance measurement
work flow. Electrodes placed on the object to be measured are connected via wires to the
body of the device. Once there, a custom designed reconfigurable frontend paired with
a network analyzer (AD5933) excites the material to elicit an impedance response. This
impedance response data is then converted to a format that the processor can work with.
Once through the processor, the data enters the second wing (on the right) to communicate
that data to a user, a researcher, a physicians, etc. A Bluetooth radio facilitates wireless
communications while a micro-USB (universal serial bus) enables wired data transmission,
programming, and battery charging. (The reception of this data by a receiver is not shown
nor discussed at any great length here. This is because any device capable of receiving
Bluetooth communications can be pressed into service.5)

4I was not alone in this endeavor. Adetunji Dahunsi, Il Taek Kwon, and the people at Henway Technolo-
gies all contributed significantly to the work presented here. Though I am giving voice to the work done,
these individuals was invaluable in their own ways in the design, creation, and validation of this device. This
final chapter would not have happened without them and I hope it stands as a testament to our combined
efforts. I have used the plural first-person throughout to further emphasize this collective effort.

5In part its absence from this dissertation is due to Dahunsi’s excellent work on this front, which always
made the process seem like magic, though a great deal of engineering went into it.

173



Connection

Electrodes

Object to be measured

Central 
processor

Reconfigurable 
frontend

AD5933

Data conversion
Bluetooth radio

Serial communication

Serial conversion

Battery charging

Battery

Impedance 
measurement

Communication

Figure 4.1: A block diagram representation of the wearable bioimpedance monitor devel-
oped. Electrodes are placed on an objected and connected via a 3.5 mm audio jack to the
device. The device itself then measures the impedance, sends that data to a central pro-
cessor, then transmits that data either wirelessly (Bluetooth) or through a USB connection.
The USB connection also serves to program the device and charge the battery. Each of step
and component of this process is discussed in this chapter. The actual printed circuit board
based upon this diagram used in this work can be seen in Figure 4.2(b).
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This approach in tow, a circuit was designed, tested, manufactured, and validated. A
simplified representation of the printed circuit board and the physical board of the wear-
able device itself are shown in Figure 4.2. In this figure, the minor components (such as
switches, battery connectors, lights, and a prototyping area) can be viewed in relation to
the necessary components (the 3.5 mm audio jack connection for the electrode wire, the
micro-USB connector, the Bluetooth antenna, the AD5933, and the microprocessor), to
give a fuller picture of what all went into this device. On the underside (not shown) are
passive elements only (resistors, capacitors). Experts in the miniaturization of electronics
will note that by not utilizing the underside of the device to carry more components and by
not minimizing the distances between components that this device is not nearly as small as
it could be. This is correct. What I present here should be considered a demonstration of
the concept of wearable bioimpedance monitoring and not a prototype ready for full scale
deployment.6

What follows is a discussion of the design of this device and its constitutive compo-
nents, its validation both in vitro and in vivo, and what I believe can be done to improve
this and other wearable medical monitors in the future.

4.2.1 The design

Reviewing the literature on the subject, many researchers have turned to the AD5933
impedance analyzer chip to lie at the heart of their bioimpedance monitors [226, 227, 228,
229]. Our design follows their lead. Produced by Analog Devices, the AD5933 is a high
precision (12-bit) impedance converter system that works by exciting a material between
two terminal at a known potential and measuring the induced current flow [230].7 This is
distinct from other approaches (including other integrated chip approaches, such as Texas
Instruments AFE4300 [231]) where current is applied to an object and the potential gen-
erated is measured to determine the impedance. An disadvantage of the former approach
(voltage excitation) that the latter (current injection) solves is that one may not know the
current one is applying and thus could possibly send in a large amount that could damage
a material or harm a subject. However, controllable current sources are notoriously fickle
and the parasitic capacitances of electronic circuits can make it difficult to achieve desired
values without tuning. Weighing these options, we decided to use the AD5933 in our own
work, modifying it as necessary to measure our impedances of interest.

Once an instantaneous impedance of a subject is measured, that data must be processed
6As of the time of this writing, I and my collaborators have worked with Henway Technologies on a

revised version of this device with a footprint smaller than a standard credit card.
7Recall from equation ?? that the ratio of these two parameters (voltage and current) give impedance.
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GRBA

(a) (b)

Figure 4.2: A (a) simplified representation of the printed circuit board and (b) the actual
printed circuit board itself. In the top left corner is a button flanked, in the top right is
another button and LED combination, the battery connector, and the sliding switch to turn
the device on and off. Towards teh middle of the board is a reset button, microcontroller,
and AD5933 and its analog front end. At the bottom from left to right is a 3.5 mm audio
jack connection, a micro-USB connector, and the Bluetooth antenna. (Actual size if printed
on 8.5” x 11” paper.)
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and communicated outward. These three main design thrusts—to measure impedance,
process the data, and communicate it—underlie all the work that follows. That is, every
decision chosen and every experiment conducted were done to either prove or improve the
function of the wearable device. The specific implementations of each of these thrusts are
outlined below.

4.2.1.1 Measurement: the AD5933 and its extension

The AD5933 works by exciting a material with a known voltage at a known frequency,
measuring the current flowing through the material, and computing the complex impedance
via their ratio. More specifically, the AD5933 network analyzer operates by feeding a
numerically synthesized sinusoidal signal generated at a specified frequency (between 1
and 100 kHz) by a direct digital synthesizer core to a digital to analog convertor which
is then passed through to an adjustable output gain amplifier. As the material is excited
by the induced potential, a current-to-voltage converting amplifier (with a gain adjustable
via the current converting feedback resistor, RFB) detects the current response and feeds
it through a programmable gain amplifier, an anti-aliasing filter, then finally through a
12-bit analog-to-digital converter. This digital signal then undergoes a discrete Fourier
transform via a digital signal processing engine to estimate the spectral power of the current
excited by the voltage at the selected frequency. The ratio of this current measurement
with the known potential input and gain then gives the real and imaginary components of
impedance, which are fed to an inter-integrated circuit (I2C) communication interface to be
transmitted outward for data analysis and storage. A block diagram showing this operation
can be seen in Figure 4.3.

Though the AD5933 has been used successfully by many researchers, some have noted
that its bipolar configuration

Though there are three stages—voltage excitation, current measurement, and ratio determination—
compose

are labeled in the general block diagram representation of the AD5933 shown in Figure
3.

While the AD5933 is an excellent chip and a real boon to bioimpedance research, it
is not without its shortcomings. For my work, three key limitations were present: a fixed
range of potentials, a positive DC bias, and a native bipolar configuration, which I have
expounded upon below.

1. The range of output excitation voltage amplitudes is from 198 mV to 1.98 V
peak to peak. Though these levels are appropriate for the macroscopic biology of
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Figure 4.3: Operation of the AD5933. A sinusoidal voltage signal at a designated frequency
is generated via the combination of the master clock (MCLK), an oscillator, and a direct
digital synthesizer (DDS). This discrete signal is then converted to analog and amplified,
reaching the material as VOUT. Impedance in the material, Z(ω), is found by passing the
current at VIN through an amplifier, filtering, converting to a digital signal, then taking the
discrete Fourier transform at the digital signal processing (DSP) engine with information
supplied by the DDS core. The real and imaginary components of the impedance are then
passed to an inter-integrated circuit (I2C) communication interface and transmitted out
through serial data (SDA) and serial clock (SCL) lines.

human beings under most circumstances, for very large or very small objects these
potentials could pose the problem of either themselves being too small or too large,
respectively. Since we are dealing with problems of miniaturization here, let us put
to one side the scenario of measuring large biological materials. Reducing the size
of the electrodes increases current density, which can negatively impact the material,
the electrodes, and interface between the two.

2. The excitation signal output varies around a DC bias for these ranges from 173
mV to 1.48 V. Again, while acceptable in numerous situations for which the chip
was designed, in cases of prolonged measurement, electrochemical processes at the
electrode-electrolyte interface may alter the object one is intended to measure. (This
is especially relevant for metal electrodes interfaced with an aqueous solution.)

3. The chip is design for a bipolar configuration. Perhaps the most damning indict-
ment made of the chip from the bioimpedance community is its bipolar configuration
known to introduce often significant electrode-electrolyte interface effects (usually
reported under the banner of “electrode polarization” [232, 233]). In many situations
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these effects can dwarf those that one intends to measure. As such a bipolar mea-
surement may only report the high impedance of the interface, remaining insensitive
to impedance of the object one wishes to monitor. Moreover, the density of current
near the electrodes varies widely, proximally affecting the region non-uniformly.

Each of these limitations suggests their own improvements. The fixed range of out-
put potentials can be corrected by the addition of a gain modifying circuit. In this case,
where we seek to reduce the lowest possible potential to minimize current density at the
electrodes, we could implement an attenuation circuit. To remove the DC bias, a simple
high-pass filter can be applied. Moreover, a voltage follower to couple the AC signal could
be used to buffer and track the signal more robustly. To mitigate the effects of a bipolar
setup, we could redesign it to be tetrapolar. Separating the current carrying and voltage
sensing electrodes significantly reduces the artifacts of polarization because the only set
of electrodes affected are not the same as those measuring the impedance. To press the
AD5933 into such service, one could convert its output excitation potential, VOUT into a
driving current, sense the potential through another means, and convert the sensed poten-
tial back to current to be measured at VIN. This was the approach of Seoane et. al [226]
and was used to great effect in their work. However, as they and others have noted, the
current source can become unstable if used over a large range of excitation frequencies and
impedances. To properly tune the current source would require a more complex approach.
Instead of attempting to drive current, Margo et al [229], whose work we follow closely
here, instead continued to utilize voltage excitation and simply measure the current and
voltage sequentially in a two step process. Their reported results were incredibly accurate
and precise over a large range of frequencies and impedance values. As such, it was the
starting point of our own design.8

We designed a reconfigurable analog front end to extend the functionality of the AD5933,
solve the problems outlined above, and give researchers the option to use either a bipolar or
a tetrapolar setup based on the circumstances of deployment. Figure 4.4 shows a block dia-
gram representation of the circuit used to modify the operation of the AD5933. Starting at
VOUT, the excitation signal is attenuated, high-pass filtered, and AC coupled before being
sent to the electrode lead connection point, which in our case was chosen to be a 3.5 mm
audio jack to make the connection and removal of electrodes a one step procedure. The
two inner electrodes (S+ and S-) sense the potential of the material via an instrumentation
amplifier (an AD5226, a low power alternative to the high speed AD8250 used by Margo et
al.) whose voltage value was converted to a current (via a traditional transimpedance am-

8Our ends differ markedly from those of Margo’s and as such discrepancies will accrue here and there.
Where Margo et al. wished to go microscopic, we wish to create a monitor for the masses.
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Figure 4.4: The reconfigurable frontend designed to work with the AD5933 shown in Fig-
ure 4.3. Such a front end allows a bipolar or tetrapolar electrode arrangement to be specified
on the fly, enabling researchers to choose that which best fits their needs.

plifier) to be measured across the feedback resistor, RFB, and at VIN. Added to Margo’s
original work is the ability to switch between their tetrapolar setup and the bipolar setup
native to the AD5933 itself. This software switch allows the setup to bypass the additional
tetrapolar components and operate normally, albeit while having to compensate slightly for
the added circuitry.

As such, we have developed the first extension circuit for the AD5933 that can switch
modes on the fly, giving users the ability to either avail themselves of a tetrapolar arrange-
ment if they should so fear interface or proximal effects in a situation or a bipolar arrange-
ment if these are not a concern.

4.2.1.2 Processing: the microcontroller in context

The microcontroller chosen for this project was an ATmega1280 (from Atmel), an inex-
pensive, low-power 8-bit AVR RISC-based processor with 86 general purpose input/output
lines, 32 general purpose registers, real and flexible timers, two-wire serial interface, a 16-
channel 10-bit analog to digital converter, an operational range between 2.7-3.3 V, and a
maximum throughput of 16 MHz. For the needs of this project, this processor may have
been excessive, but was chosen to lay a firm groundwork for future iterations where more
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Figure 4.5: The processor (ATmega1280) of the wearable device and each of its relevant
connections. Each of the main functions of the device has a presence here: communication
with the AD5933 (PD0 and PD1), USB (PE0 and PE1), and Bluetooth (PH0 and PH1);
memory storage (PH6 and PH7); and programming (such as PB1-3).
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powerful processing may be necessary.9 Figure 4.5 shows each of the connections to the
microcontroller from the various components of the device.

Starting in the upper left hand corner of the figure and going down we can see the
reset function, RST, created by a push button (aptly named PUSH BUTTON on the far
right of the figure), the clock generation (an oscillator connected between XTAL1 and
XTAL2), and a series of reference grounds and voltages (AREF, AVCC, AGND, VCC,
GND), general purpose analog and digital inputs and outputs (DIG42-49 and ADC8-15).
Two interrupt signals are connected at Port J (specifically designed for this use). At PJ1 is
an input PWREN signal to interrupt operations when powering the device. Similarly at PJ0
an interrupt signal from the accelerometer (a BMA250, discussed later), ACC INT1, can
be measured and acted upon as need.

Digital pins DIG8 and DIG9 (from port H, PH6 and PH5) are used to supply the sig-
nals to select the memory chip (an M25P32) or to pause serial communications to the chip,
MEM CS and MEM HLD, respectively. From the same port (H): the signal to change the
software gain of the reconfigurable front end (as seen in Figure 4.4), SW GAIN, is read in
and modified (from PH4); actionable battery measurements signals, BAT MEAS, are re-
ported (from PH3); and data received and transmitted by the bluetooth antenna (a BLE113
from Bluegiga, discussed later) are communicated via BT RX and BT TX, respectively,
from PH1 and PH0, specifically designed into the microcontroller to receive transmit and
receive data.

Along the right side of the figure starting at Port A, the uppermost signals fed into
the processor are SW3 and SW2 stemming from their corresponding switches and allow
one to program responses to one or both of the switches being engaged (such as pausing
recordings, pushing data manually, taking new measurements, etc.). PGOOD and CHRG—
signals generated by the battery charging circuit outlined in the next section—indicating if
the device is charging are connected at PA4 and PA3. The signal to throw the switch for the
voltage and current multiplexer of the reconfigurable frontend, SW V/I, comes from PA1.
Finally, PA0 provides the on-off signal, 5V ON, for the voltage converter (discussed in the
next section)

Port B is an 8-bit bidirectional communication port with better driving capabilities than
the others, and as such is equipped with serial peripheral interface (SPI) capabilities. Be-
cause of these properties it is used here to facilitate peripheral communications. To get a
better sense of how this works, let us stray from the processor proper for a moment and
examine such an interface that feeding into the processor in the positions PB1-3. This is

9The large community support and the direct link to the Arduino prototyping platform also factored into
this decision.
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a programming header (embedded in the board via a Tag-Connect TC2030) to allow de-
velopers to communicate with the board via a peripherally attached device such as another
microcontroller, memory (more on that in a moment), other sensors, and to reprogram the
microcontroller itself. This small, low-profile port was chosen to reduce the footprint re-
quired (minimizing the board), though it requires an additional plug if one wished to install
drivers or reprogram the board (a TC2030-IDC-NL cable to a CC Debugger (from Texas
Instruments) in our case). This header has six signals to work with half of which require
no further explanation (a supplied voltage, VCC, a ground, GND, and the reset signal we
have encountered previously, RST). The other three are how communication between the
header and the processor occur and should be familiar to those who have worked with serial
peripheral interfaces before. They are the master-inputer-slave-output (MISO), the master-
output-slave-input (MOSI), and serial clock (SCK), and follow the SPI protocol. Three
digital pins (DIG11-13) control LEDs to indicate to a developer if and how the board is
communicating with a peripheral (though, this can be reprogrammed however one would
wish). From PB4 (DIG10) comes the Bluetooth reset command (BT RESET). The final
pin of Port B (PB0) takes in an accelerometer interrupt (ACC INT2) similar to that found
in Port J (ACC INT1 at PJ0).

All of Port C is treated as general purpose digital inputs and outputs, though the special
external memory functions available to the pins could be of use to future developers wishing
to build in greater longterm analysis features.

Port D contains three very important pins. PD3 transmits the wakeup command of the
Bluetooth antenna, BT WAKEUP, to initialize the antenna for wireless communication.
PD1 and PD0 are the serial data, SDA, and serial clock (SCL) lines, respectively. These
two signals communicate with the AD5933 through the I2C (inter-integrated circuit) proto-
col. However, because the device itself is powered at 3.3 V (by a lithium polymer battery)
and the AD5933 is set to a 5 V range (labeled as AVDD throughout this chapter), a trans-
lational step must be included. Such a step can be found in Figure 4.6 where the SDA
and SCL of the microcontroller are converted by a dual bidirectional I2C voltage-level
translator (PCA9306 from Texas Instruments) to SDA 5V and SCL 5V for the impedance
measurements. Through these pins and through this translator all communications with the
AD5933 must go.

Signals to and from the USB port (once converted, as discussed in the section that
follows), UART0TX and UART0RX, are connected to pins PE1 and PE0, specified by the
manufacturer for this purpose. The other pins of Port E are simply used to inform the
developer of incoming and outgoing USB communications (via LEDs).
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Figure 4.6: I2C voltage translator to make possible communication between the micro-
controller powered at 3.3 V and the AD5933 powered at 5 V. Signals from the microcon-
troller, SDA and SCL, are stepped up to become SDA 5V and SCL 5V, to interact with the
impedance analyzer.

4.2.1.3 Communication: USB and Bluetooth

There are two main ways with which to communicate with this device (as shown in Fig-
ure 4.1): USB and Bluetooth, a wired and wireless standard, respectively. As with many
other decisions for this device and indeed this work, the multimodal approach was cho-
sen to make it as accessible and extensible as possible. Researchers and developers have
the option to work in the way and with the protocol they feel most comfortable. In our
practice, programming over USB was considerably easier than to do through the TC2030
header outlined in the previous section, while transmitting data through Bluetooth made
real-world measurements more straightforward than any wired transmission. There were,
thus, benefits to utilizing both, though it slightly increased the complexity and size of the
device.

USB connection: programming, communication, and battery charging

Starting from the micro-USB connection of Figure 4.7, one can see that we use four active
pins: VCC providing +5 V, D- (Data-), D+ (Data+), and a ground (GND).10 To protect the
device in general from voltage spikes arising from the USB port (usually during plugging
and unplugging a cable), a transient-voltage-suppression circuit was placed between each
of the inputs and ground (using a PRTR5V0U2x fro NXP Semiconductors). The VCC
pin delivers a potential, V USBB, used through the device when connected. This is the
potential used as the input (at pin 1) for the battery charging circuit, a BQ24090 chip from
Texas Instruments. The output potential is then fed to a 3.3 V, 1000 mAh lithium polymer

10A fifth pin, ID, located between D+ and GND allows electrical identities to be given to cables. Since we
make no use of it, we will pay it no more attention.
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Figure 4.7: USB connection and the battery charging circuit. Potential from the USB port
charges the battery which in turn powers the device. Signals from D- and D+ (USBDM
and USBDP) are sent to the USB to serial converter seen in Figure 4.9.

battery. As mentioned previously, the status of the charging state is reported via the signals
PGOOD and CHRG to the processor and made immediately clear to the user as a pair of
LEDs.11 Potential from the battery, V BATT, is used to power the device. To turn the
device on, the switch SW1 must be flipped to the correct position.

Since the device makes use of two potentials (3.3 and 5 V), once the switch is flipped
to power the device, the potential is sent to both a linear regulator (a TLV70233 from
Texas Instruments) and a voltage converter (a LTC3525-5 from Linear Technology), as
shown in Figure 4.8. The regulator is one designed specifically to work with low quiescent
current components and was thus ideal for the I2C translator (Figure 4.6), the USB to serial
converter (Figure 4.9), the Bluetooth radio (Figure 4.10), the accelerometer (Figure 4.11),
and memory (Figure 4.12). The voltage converter was chosen to step up the amplitude of
the DC potential supplied by the battery to use the widest possible range of the AD5933
and its frontend, while remaining mindful of low current requirements (the LTC3525-5 has
a quiescent current ≤7 µA). This portion of the circuit ensured minimal current leakage
and power drain, helping prolong battery life.

The two data signals from pins D- and D+, USBDM and USBDP, seen in Figure 4.7
are sent to a USB to serial UART (universal asynchronous receiver/transmitter) converter,
as shown in Figure 4.9. This portion of the circuit is meant to simply translate the digital
signals from a source utilizing the USB port (such as a computer) to serial data that can
then be transmitted to and received from the rest of the device as the signals UART0TX and
UART0RX. With this converter, data could be transmitted directly to a computer making

11PGOOD and CHRG are PGOOD and CHRG through MOSFETs.
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Figure 4.8: Battery regulator components of the circuit ensuring that consistent potentials
of 3.3 and 5 V are available to those components of the device that require them. Both the
linear regulator and the voltage converter are designed with the low quiescent currents of
wearable electronics in mind.
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Figure 4.9: USB to serial converter that enables wired communication—be it programming,
data transmission, or data reception—between the device and a computer.

possible rapid debugging, quick and easy programming, and aiding in more advanced real-
time analysis .

Bluetooth: a mobile protocol

At this stage of development, the decision over which wireless communication protocol
was used was ultimately one of preference, convenience, and chance. Depending who
one asks and what references one consults any number of wireless protocols would have
fit the bill. In the wearable electronics space, three major standards exist: Wi-Fi (IEEE
802.11(a,b,g,n)); Bluetooth (IEEE 802.15.1); and ZigBee (IEEE 802.15.4). Each comes
with their own slew of pros and cons. We chose to work with Bluetooth 4.0 (Bluetooth
low energy) because of the available documentation, ease of both hardware and software
implementation, large commercial footprint, low power requirements, and sufficient trans-
mission range. Cases can be and have been made for either of the other main wireless
standards. Again, our decision was one of preference and time. Better minds will decide
which standard ought to reign in the wearable medical device sphere in years to come.
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Figure 4.10: Bluetooth radio.

The radio chosen for this project (seen in Figure 4.10) was a BLE113 from Bluegiga
Technologies, supporting Bluetooth low energy communication. For our work, six sig-
nals were of major importance: two to program (BT PGC and BT PGD); two to transmit
and receive data (BT TX and BT RX); one to wake the radio (BE WAKEUP); and one to
reset the radio (BT RESET). As we merely wished to transmit the data measured by the
AD5933 and sent to the ATmega1280, much of the additional functionality of this radio is
not utilized. Again, the goal of this device was to measure impedance and communicate
that measurement. The singular use of many chips, including this Bluetooth radio ought to
reflect this.

4.2.1.4 Miscellaneous: accelerometry, memory, and a list of components

We included an accelerometer for future actigraphy monitoring and motion compensation.
We chose the BMA250 from Bosch as it is a very small (2x2 mm), low-profile (0.95 mm)
triaxial accelerometer capable of a tracking a wide range of accelerations (±2 to ±16 g)
and patterns (tapping, orientation recognition, flat detection, etc.), with stand-alone and
interruption capabilities (reported elsewhere), the schematic of which is in Figure 4.11.
Communication to and from the processor with the accelerometer follows the same I2C
communication protocol along the same SDA and SCL channels discussed previously.

Figure 4.12 shows the final component I will specifically call out for attention, a 32
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Figure 4.11: Accelerometer for actigraphy monitoring, motion activation, and compensa-
tion.

Figure 4.12: Local storage of measured data before transmission. Over two full days of
complete impedance data can be collected continuously before it must either be deleted or
transmitted.

Mbit EEPROM to store data locally before transmitting it wirelessly. Each of the sig-
nals here ought to be familiar as we have encountered them previously: MEM CS and
MEM HLD control the memory states while MISO, MOSI, and SCK communicate with
the chip directly via the SPI protocol.

Each of the components used in this device (and their in-circuit identifiers, values,
manufacturers, and part numbers) can be read from Table 4.2.
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R2

R1

C

Figure 4.13: The calibration circuit used for the laboratory validation of the wearable de-
vice, reminiscent of those shown in Figure 3.5. Two potentiometers, R1 and R2, and a
capacitor, C, are meant to act as the extracellular and intracellular components.

4.2.2 The validation

To test how accurate this wearable device was both in vitro and in vivo tests were conducted.
The former was a benchtop test on circuits meant to simulate the electrical equivalence of
biological tissue, while the latter was conducted on six human volunteers. In both cases,
outlined below, we saw good agreement between a standard measure and the device we
created, making us hopeful that bioimpedance measures of volume status in real time and
in the real world are now achievable.

4.2.2.1 Laboratory validation

The device was calibrated by connecting our device to an equivalent circuit made of one
resistor, R1, in parallel with a series combination of a resistor and a capacitor, R2 and
C, respectively (in the form presented in Figure 4.13). This setup was composed of two
varying digital potentiometers (AD5928, Analog Devices) and a set of four capacitors that
we switched manually. The values of each of the digital potentiometers and the capacitors
were measured using an LCR meter (Agilent E4980A) and for this experiment ranged from
356.4-1183.5 Ω for R1, 351.1-1146.4 Ω for R2, and 2.17-7.08 nF for C. To establish the
devices accuracy and precision across a broad range of frequencies, resistances, and reac-
tances, a frequency sweep was performed across each resistor and capacitor configuration.
For the bipolar configuration the frequency was swept from 2-100 kHz and for the tetrap-
olar configuration the frequency was swept from 6-100 kHz. At frequencies below the
minimum values (2 and 6 kHz for the bipolar and tetrapolar configurations, respectively),
measurement was unstable.

To calibrate, the value measured at each frequency, resistance, and reactance for each
configuration was then subtracted form its predicted value to yield the error in the mea-
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surement. Two functional relationships were then fit between each of the parameters with
respect to the measured value: a first order calibration curve and a second order calibration
curve. The first order calibration curve sought to fit correct for a gain and offset in the
measurement (either of resistance or reactance) in the form

Rcorrected = Rmeas +GcalRmeas +Ocal (4.1)

where, Rcorrected is the corrected measurement, Rmeas is the original measured value, and
Gcal and Ocal are the calibration curve gain and offset, respectively. The second order
calibration curve extends the logic of the first order calibration curve and attempts to more
accurately fit the shape of the errors likely caused by a complex interaction of many of the
electronic components, such as the AD5933, multiplexers, digital potentiometers, etc. The
second order calibration curve was of the form

Rcorrected = Rmeas +G1,calR
2
meas +G2,calRmeas +Ocal (4.2)

where G1,cal and G2,cal represent the fit gain parameters. From these calibration relation-
ships, errors could then be removed in post-processing. One could do this on the device
itself, but for the experiments reported here all calibration and correction was done after
data collection. A further discussion on possible means of calibration, while fruitful, was
beyond the scope of this study.

4.2.2.2 Human subject validation

Six spontaneously breathing volunteers were recruited for pre-clinical validation of the
reconfigurable monitor. Subjects were asked to sit in a chair with their arms resting to
their side on arm rests, breathing normally, while the bioimpedance of an upper limb was
measured simultaneously by our calibrated monitor exciting at 50 kHz and sampling at
50 samples/second and a commercially available device, a Biopac EBI100C bioimpedance
amplifier in conjunction with an MP150 data acquisition system (Biopac Inc. Goleta, CA),
exciting at 50 kHz and sampling at 200 samples/second. Four electrodes were used for
both devices (two outer exciting electrodes, two inner sensing electrodes), though when
our front end was configured for a bipolar arrangement, only the inner two electrodes were
used.

Once the bioimpedance value settled to a stable baseline, data was collected from the
subject for ten minutes. The reconfigurable front end was programmed to alternate between
the bipolar and tetrapolar configuration every minute, yielding five bipolar and five tetrapo-
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Figure 4.14: Measurement results of resistance and reactance from the wearable device
configured for both bipolar (dashed line) and tetrapolar (marked with circles). Low,
medium, and high impedance values are shown at the top, middle, and bottom, respec-
tively.

lar sample runs per subject. A consistent offset (between approximately 100-500 Ω depend-
ing on the subject) was present in the wearable monitor during testing when the EBI100C
was running. This offset was removed and data from the monitor and the EBI100C were
passed through a simple moving average filter (with a moving window length of a fifth of
second in both cases) to remove noise. These final filtered values were then compared.

4.2.3 The results

Results for low, medium, and high impedance values collected via the laboratory validation
set up can be seen Figure 4.14. In all instances, the bipolar configuration (dashed line in the
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Table 4.3: Measurement errors in resistance and reactance for each front end configura-
tion without calibration, with a first oder calibration, and with a second order calibration.
Results are presented as an average with a 95% interval in brackets.

Uncalibrated Error
[%]

First Order
Calibration Error

[%]

Second Order
Calibration Error

[%]
Bipolar R -1.79 [-10.1, 6.47] 0.01 [-1.82 1.84] 0.006 [-1.04 1.06]

X 1.76 [-21.8 25.3] -0.07 [-12.2 12.1] 0.086 [-1.45 1.62]
Tetrapolar R 5.74 [-18.7 30.2] 0.24 [-4.77 5.25] 0.11 [-3.47 3.69]

X 6.39 [-0.38 13.2] 4.33 [-6.77 15.4] 3.1 [-1.56 7.76]

figure) gives very accurate results, often overlapping with the predicted value (solid line in
the figure) from the model (seen to the left of the figure). Data from the tetrapolar config-
uration (marked with circles in the figure) show some random variation at low impedance
values and a large offset in resistance at very high impedance values.

Table 4.3 demonstrates the precision of the reconfigurable monitor over the entire tested
impedance range (minimum R = 193 Ω, maximum R = 1182 Ω, minimum X = -456 Ω,
maximum X = -3.46 Ω). Even without calibration, the average error in the metric (defined
here as the ratio of difference in measurement to the expected value) was between -1.79
and 1.76% for the bipolar configuration and between 5.74 and 6.39% for the tetrapolar
configuration. Applying a first order calibration reduced the average error in resistance to
less than 1% in both the tetrapolar and bipolar modes. While the average error in reactance
was reduced in the bipolar case to -0.07%, the tetrapolar configuration produced an average
error of 4.33%. The range of the errors was reduced in all instances for the first order
calibration, with the exception of reactance as measured by the tetrapolar configuration.
A second order calibration was also applied to the measurement, reducing the magnitude
of the range of all errors to less than 10% over all measured impedances. The average
error in resistance measurements was reduced to 0.006% and 0.11% in both the bipolar and
tetrapolar mode, respectively, and the average error in reactance was reduced to 0.086% and
3.1% in the bipolar and tetrapolar mode, respectively. A typical example of uncalibrated
(dashed line) and calibrated (solid line) resistance and reactance measurements from both
the bipolar (blue) and the tetrapolar (red) configuration at the middle impedance presented
in Figure 4.14 can be seen in Figure 4.15.

Figure 4.16 shows how the calibrated front end compares to a commercially available
device by plotting the change in the magnitude of impedance over time for three subjects. In
this figure, impedance is measured simultaneously by the reconfigurable front end and the
EBI100C (solid line). For the first ten seconds impedance is measured by the reconfigurable
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Figure 4.15: A typical resistance and reactance plot for the equivalent circuit measurements
before (dashed lines) and after(solid lines) calibration for the bipolar (blue) and tetrapolar
(red) configurations. The predicted response of the circuit (the one shown in the middle of
Figure 4.14) is shown in black. In some areas in may be hard to see either the bipolar or
tetrapolar response because of how well they align with predictions.

front end in the bipolar mode (blue line) and in the second ten seconds in the tetrapolar
mode (red line). In all cases, the tracings show good agreement, with the wearable monitor
results differing by less than 300 mΩ compared to the EBI100C over the course of the
sample. The average error in the overall magnitude of impedance across all six subjects
and all five individual trial runs was 1.56 ± 5.42% and 2.76 ± 6.68% in the bipolar and
tetrapolar modes, respectively. The average error in the change in magnitude of impedance
across all six subjects was comparable at 1.01 ± 4.16% and 2.71 ± 4.53%. No significant
difference in magnitude was observed between the bipolar and tetrapolar configurations,
suggesting that both give equivalent results.

As mentioned in Chapter 3, Figure 4.16 also demonstrates a phenomenon while measur-
ing subjects continuous bioimpedance signal. In the top figure the signal varies largely in
response to the respiratory cycle whereas the bottom figure highlights a bioimpedance cycle
almost exclusively dominated by the cardiac cycle. The figure in the middle shows a sub-
ject between these two ends of the spectrum, showing a superposition of both respiratory
and cardiac signals. The clinical significance of such phenomena is currently unknown.
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Figure 4.16: Results of the wearable device on three human subjects. At the 10 second
mark of each graph the reconfigurable front end switched from the bipolar to the tetrapolar
arrangement. (Moderate switch bouncing was observed and removed from this graph for
the sake of clarity.) The top subject shows a response dominated by the respiratory signal
with little evidence of a cardiac component. The bottom subject shows an opposite re-
sponse, one where the cardiac signal dominates over respiration. In the middle of the two,
both figuratively and literally, is a subject with both a cardiac and respiratory response. In
all cases, the wearable device’s results agreed well with those found via the EBI100C.
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4.2.4 Conclusions

Wearable monitors capable of providing information relevant for clinical decision mak-
ing will be an area of intense progress for years to come. Throughout this chapter I have
outlined the design, calibration, and validation of a wearable bioimpedance measurement
device for intravascular volume status monitoring. It is to my knowledge the first reported
of its kind. While the measurement of fluid status and responsiveness remains hotly dis-
puted, these measures lie at the foundation of treatments for many patients. That there
exists a need to rapidly and accurately assess the volume status and responsiveness of a
patient through many echelons of care is undeniable. That I have developed a monitor to
serve such a role, I hope to have demonstrated.12 How this helps solve the problem will
only be seen with time.

12Others are vigorously working to develop their own wearable bioimpedance monitors. Several re-
searchers continue to refine their own implementations [234] and even a few commercial devices are hitting
the market are beginning to hit the market with these capabilities. For instance, AliphCom, that is “Jawbone”,
has released devices (and patent applications [235]) wishing to use bioimpedance as a modality of import.
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CHAPTER 5

The shape of things to come

We take our physiology with us as far as we can. Unchecked, unmeasured, untreated, it
can take us in a moment—a lifetime too short. From the vigor of youth when health is in
the soul to the long days of old age when its specter may overcast all else, knowing how
our bodies work is vital to our very being. Determining if and when and how they fail
allows us to treat them earlier and better and more optimally. We live in a time where more
people are healthy than ever and we are more capable of treating the sickest among us. The
spectrum of health of our populations ever increases with our knowledge of physiology and
our ability to monitor and modify its function.

My research into two modalities for hemodynamic monitoring (bioimpedance and ul-
trasound) has shown me many places where we as a community of medical researchers and
practitioners excel and stumble. Our collective strengths lie in innovation, in good research
conducted by focused scientists, in the periodic cross-pollination of ideas from one field to
the next. I would like to believe that in some small way this work may be a thread in such
a tapestry. In fact, if I may be so brash, I see three distinct threads from the spools of this
work.

The first and foremost contribution is to the science itself. With the help of many
others, I was able to apply fundamental theories of dielectric materials to measure whole-
body physiological events. Bridging the scientific gap between these two fields required a
novel melding of mathematics, signal processing, and biology to translate the functions of
the body to a new signal. A new vital sign. Moreover, once transduced—once translated
from biochemistry to data—we as researchers and scientists can make predictions about
its behavior in response to other factors. That is, we can explore entirely new vistas of
physiology. I believe my work provides evidence that we can do so accurately and with
confidence.

As previously alluded to, through the course of this work we observed many as of
yet unreported phenomena including a variable cardiac signal found when measuring both
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the inferior vena cava with ultrasound and in the limb with impedance plethysmography.
The former is a venous response, one whose bedrock we have used as the foundation to test
impedimetric intravascular volume evaluation. However, the extent to which the latter itself
represent the venous system is an open debate, even among my collaborators and I. For my
part, I believe the limb impedance reflects almost exclusively an arterial contribution to
the signal, as is made quite clear when the derivative of the signal is taken, resulting in
a waveform characteristically arterial. Beyond that, there must undoubtedly be an arterial
signal somewhere in the limb impedance plethysmograph—blood does not merely flow
through the veins. As such, the argument is one of the extent to which the signal is arterial
and venous and not whether the signal is arterial or venous. Empirical arbitration is needed
to settle this.

The second notable contribution of this work is the near future clinical implications. As
much of the first chapter emphasizes, the current state of measuring intravascular volume
within a modern hospital is woefully inadequate. With regularly used standards akin to
flipping coins and new techniques coming to market requiring tea leaves to take readings,
our patients deserve better, they need better. My work has demonstrated a technique that
is better. I2VE’s ability to correctly determine the level of IVC collapse is unprecedented
(with large regions of 99% true positive accuracy) and a new wave in hydration status
monitoring within the field of bioimpedance.

One crucial criticism here is the fact that no part of this work contains a clinical out-
comes test or a measurement against another standard piece of equipment. Put another
way, it does not mean much clinically if we can accurately measure a variable that has no
relevance to the health of the patient. This is a fair critique and does represent a genuine
weakness to the thesis I have put forward. But even as this work goes to print, those very
experiments are being conducted and their results will one day be shared. If those results
end up as optimistically as I predict they will, we will have solved the problem of measur-
ing intravascular volume.1 Until then, I must claim only that the results from this work can
be tested more broadly by the community, knowing that the foundation has been set.

Confidence in a strong foundation arises when there is a minimum of surprises. That
is, we must know when, where, and in what ways I2VE will work and when, where, and
in what ways it will not. The assumptions necessary for its use and a few explicit limita-
tions of its current implementation have already been laid out in Sections 3.2.2 and 3.3.5.
But ultimately what is desired is an unambiguous demarcation of I2VE’s abilities. Though

1We would do well, while in this reverie, to remind ourselves that many researchers have thought precisely
the same and have thus far met with disappointment. We should here at the end still maintain a humility that
though we believe our efforts commendable they are only thus far deserving of a single, narrowly defined
commendation.
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the bounds of its total functionality have not yet been thoroughly explored, from what I
have thus far discovered what follows is as clear and concise a border as I can draw. To
work I2VE a patient must have a limb, the ability to breathe (either spontaneously or on a
ventilator), a heart beat, a not-severely compromised cardiovascular circuit (hemorrhaging,
for instance, would pose a large problem), and fluid within their vasculature. All of these
details, as obvious as some are, are necessary for I2VE measurements to be made. If these
conditions are not satisfied, the technique does not provide useful information. The most
relevant case where I2VE may or may not work is in active and mobile patient populations,
specifically those where one may wish to measure hydration status continuously in subjects
that are highly active. Here, this distinction can be emphasized by considering subjects un-
dergoing dialysis and those running marathons. Both experience large volume changes, yet
the latter poses the harder metrological puzzle. For instance, when one lifts an arm in the
air, the impedance plethysmographic signal will change through myriad factors including
but not limited to electrode motion, electrode contact changes, and blood draining down
the limb. In many cases, such changes dwarf the small signal we are attempting to observe
and, would thus, currently fall within the categories of environments this technique is not
appropriate for. However, with the rise of wearable electronics and the mad dash to cor-
rectly measure physiological signals on mobile populations, future researchers may yet be
able to separate the confounding factors from the relevant ones and thus make I2VE viable
more broadly. For now, I2VE is not appropriately suited to the domain of highly active
subjects.

My third, final, and most hopeful contribution of this work is the opening of hemody-
namic monitoring to a greater engineering approach. Hopefully the holistic conception and
execution within this work shows that there are new approaches to be found in synthesiz-
ing the findings of different disciplines. There are places, though, where I faltered. Indeed,
having tried to explain, measure, and work with the concept of intravascular volume status,
I believe this is one area in need of a new paradigm. As we have seen, fluid therapy, one of
the most widely used techniques in modern medicine, to this point has relied on techniques
that are not too far from guessing in terms of accuracy and precision. Clinical decisions are
unfortunately made with alarming frequency based on methods and modalities dependent
on operator expertise, patient type, and sometimes even outdated physiological concepts.

One difficult question I have been posed often as I present this research to colleagues is
“How would this data be presented in clinic?” That is, though I have a technique capable of
measuring volume status and responsiveness with a high degree of accuracy and precision,
how it might appear on a bedside monitor is not intuitive. An obvious solution might be to
present a scrolling graph of impedance over time as is done for other measurements such
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as electrocardiography and pulse oximetry. While I believe this may be worthwhile (it is,
after all, an actual measurement of blood within the limbs), it would not show a patients
volume status. In fact, we ought to consider what we might mean when we want to display
volume status. Currently, there is no unit of description. We can say when someone is over
or under volume, and hazard a guess by what amount they are (usually as a function of
“dry weight”), but with little precision. We can say if a person would or would not respond
to an infusion of volume and even what type of volume expander to use to an extent,2, but
choices for amounts and rates are largely traditional or preferential.

What is needed is a unit. A unit of volume status and responsiveness that would say
by what amount a patient needs (or does not need) intravascular volume. Such a unit may
be tied to an ideal physiological end (a heart rate, a blood pressure), made patient specific
(normalized to height, weight), and thought of in context (specific conditions or disease
states may alter its scaling or offset). Though to an extent this is what current practice may
aim to do, without the quantifiable the qualitative reigns. The hunch is followed when it
is the only flickering light in the darkness. The gut leads the head. While there is much
to be said for the intuition of the physician (their years of experience are akin to personal
machine learning), there is as much to commend about precise, measurable, and predictable
units. This may just be one engineer’s take on the state of modern medicine, but I feel that
unless and until we are serious about what we measure, we will never be able to do it well.

My own work must be improved. Many aspects of ultrasound ought to become auto-
mated so that talented physicians are not tracking pixels and all clinicians can pick up and
use a device. Machines ought to recognize what they are imaging (an inferior vena cava or
an arteriovenous fistula, for instance) and provide doctors with useful information on the
fly: the diameters and distensibilities of vessels, anechoic regions of blood (possibly where
it is not supposed to be), volume responsiveness, etc. This must be done so that we utilize
our time and our signals to the best of our abilities.

Bioimpedance itself as a signal needs to address its susceptibility to motion artifact to
be viable as a long term real world solution for measuring biological signals. Unlike other
signals whose occurrence is not affected by a body in motion, the very nature of measuring
blood within the body via limb impedance is fraught with artifacts both as a condition of
physiology and measurement. Separating electrode motion from fluid motion is a difficult
and not at all solved problem in the field. The current solution (one I myself have employed)
is to either not measure during times of motion or to dampen all responses blindly. Neither
is sufficient if we are to truly measure continuously.

All of this to say the main thrust of this work has been to measure more physiology
2Though, as with much in this field, this remains an area of on-going debate.
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in more places. This is in line with the historical progression of health monitoring. From
the millennia that passed where our species’s sickness, disease, and injury were merely
to be waited out, we have become a civilization where we view our clinical needs as on-
demand. Annual medical exams, widespread around the clock urgent and emergent care,
and the draw of several major life events (birth, suffering, death) have made health as a
daily concern a reality. The time is not far off when the capability to measure every vital
sign (every heart beat, every breath) from the moment of birth to the time of death will be
possible. Fortunately, at the gestation of my techniques, their roles and limitations in the
arena of constant monitoring have been recognized and designed into it. Of course, only
future work will determine whether the tree I have planted here will bear fruit or merely
serve as kindling in the pyres of scientific progress.

I believe the shape of things to come is multidimensional, mutlidisciplinary, and mul-
timodal. We must not just consider a person in time and space and only at the bedside.
They have a history, an anatomy, a place in this world all their own, and it will take teams
of engineers, scientists, and physicians to figure out how best to understand it all to the
benefit of that person. We must leverage all of the signals we measure—from ultrasound to
bioimpedance, from electrocardiography to photoplethysmography—to detect as much as
we can to be help our patients. The physiology is there. We need only to listen carefully.
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